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Symbol Description Tvpical value 
A concentration of angiotensin n in plasma, ng lir^ 27.0 
ADH concentration of ADH in plasma, m units lir^ 4.0 
ALD concentration of aldosterone in plasma, ng lir^ 85.0 
a maximal velocity of air flow rate, lit sec-^ 0.38 
Ccw chest wall compliance, lit / cm H2O * 
Crc rib cage compliance, lit / cm H2O * 
Cabd abdomen-diaphragm compliance, lit / cm H2O * 
venous CO2 concentration, mis CO2 (STP)/ml 0.5 
venous O2 concentration, mis O2 (STP) / ml 0.14 
cl« . O2 concentration in the blood in the pulmonary * 
02j 
capillary associated with the jth alveolar compartment 
Cniv plasma protein concentration, gm per 100 ml 6.3 
Cis concentration of protein in interstitial space, * 
gm per ml 
Cp pulmonary arterial compliance, ml / mm Hg 4.6 
Cpulmo compliance of pulmonary vein, ml / ram Hg 18.4 
CVP central venous pressure, mm Hg 3.0 
CSV total systemic venous compliance, ml / nmi Hg 52.8 
Cn compliance of nth arterial segment, ml / mm Hg ** 
Cn' compliance of nth venous segment, ml / mm Hg ** 
Di02j overall diffusivity of the ith blood compartment * 
associated with the jth lung compartment, 
ml / sec / mm Hg 
DELVl change in total ventilation brought about by 
peripheral chemoreceptors, lit min*l * 
viii 
DELV2 change in total ventilation brought about by cerebral 
chemoreceptor, lit min-l • 
DM alveolar membrane diffusing capacity, 1.87 
ml / sec/ mm Hg 
Ev lung interstitium space volume, ml 450.0 
ECF extracellular volume, ml 14848.5 
f breathing frequency, sec 0.218 
fn-1 blood flow rate into nth arterial segment, ml / sec ** 
fn blood flow rate out of the nth arterial segment, ml/sec** 
fn-1 blood flow rate into the nth venous segment, ml/sec ** 
fn blood flow rate out of the nth venous segment, ml/sec ** 
FNA rate of filtration of sodium into the proximal tubule, 0.29 
mEq sec-l 
GFR glomerular filtration rate, ml sec*^ 2.05 
G4 gain of systemic venous compliance controller 0.15 
ml / mm Hg2 
H heart rate, sec' 1.2 
ING rate of ingestion of sodium, mEq sec' * 
Ln inductance of the nth arterial segment, ** 
mm Hg ml"' sec^ 
MSP mean systemic pressure, mm Hg 97.05 
Pn pressure in the nth arterial segment, mm Hg ** 
Pn-1 pressure in the blood entering the nth arterial ** 
segment, mm Hg 
Pn-1 inflow pressure into the nth venous segment, ** 
mmHg 
ix 
Pn' pressure in the nth venous segment, mm Hg 
Prenal pressure in renal artery, mm Hg 96.8 
Pab arterial pressure at the base of the aorta, mm Hg * 
Pab,n arterial pressure at the base of the aorta under normal 97.4 
conditions when no physiological stress is involved, 
mm Hg 
PNA extracellular concentration of sodium, mEq lir' 142.0 
PS left venticular output pressure, mm Hg 100.8 
Prv right ventricular output pressure, mm Hg 17.0 
Pmv pulmonary capillary hydrostatic pressure, mm Hg 11 
Pis(t) interstitial space hydrostatic pressure, mm Hg -10 
Pjp transpulmonary pressure, cm H2O * 
Palv alveolar pressure, cm H2O * 
Ppl pleural presure, cm H2O * 
Pel elastic pressure, cm H2O * 
Plung pressure due to lung expansion, cm H2O * 
Psurface pressure due lung surface forces, cm H2O * 
PEL WORK net elastic work done by lung muscles, lit cm H2O * 
PRESIS net resistive work done by lung muscles, lit cm H2O * 
. partial pressure of 02 in the jth lung compartment, * 
mm Hg 
P^2 partial pressure of O2 in the blood of ith pulmonary * 
compartment, mm Hg 
qn total blood volume of nth venous segment, ml ** 
qnu unstressed blood volume of nth venous segment, ml ** 
qns stressed blood volume of nth venous segment, ml ** 
Q cardiac output, ml / sec 83.3 
X 
Of fluid filtered across the pulmonary capillary wall, * 
ml/sec 
Op protein flux across the capillary wall, gm / sec • 
Ql lymph flow rate, ml / sec * 
QUPT blood flow rate to upper tissue compartment, ml/sec 49.6 
QLT blood flow rate to lower tissue compartment, ml/sec 21.2 
QBT blood flow rate to brain compartment, ml/sec 12.5 
OAj blood flow rate in pulmonary capillary associated * 
with jth lung compartment, ml / sec 
R concentration of renin in plasma, GU lit"' 0.06 
Rn resistance of the nth arterial segment, ** 
mm Hg ml-l sec 
Rn resistance of the nth venous segment, ** 
mmHg ml'l sec 
RS total peripheral resistance, mm Hg ml"' sec 1.17 
r radius of alveolus, cm * 
rl constant parameter related to central slope, 17 
for resistance controller, mm Hg 
r2 constant parameter related to central slope, 18.983 
for heart rate controller, mm Hg 
r3 constant parameter related to central slope, 11.546 
for venous capacity controller, mm Hg 
Rmax upper saturation value of total peripheral resistance, 1.465 
mmHg ml*' sec 
Rmin lower saturation value of total peripheral resistance, 0.67 
mm Hg ml"' sec 
Rp pulmonary arterial resistance, mm Hg ml"' sec 0.204 
RC time constant of expiratory phase, sec 0.35 
SLV contractility of left ventricle, mm Hg 46.93 
xi 
SRV contractility of rigiit ventricle, mm Hg 9.23 
T heart period, sec 0.9 
Tmax upper saturation value for heart period, sec 0.955 
Tmin lower saturation value for heart period, sec 0.712 
td time of diastole, sec 0.7 
t time, seconds * 
TOTCS total systemic arterial compliance, ml / mm Hg 1.582 
UFL urine flow rate, ml / sec 0.017 
UNA rate of excretion of sodium in urine, mEq / sec 2.2E-3 
V volumetric flow rate of air, lit / sec * 
VQ volume of lung at the begining of expiration * 
phase which is above FRC, lit 
Vmax upper saturation value for venous unstressed 3267.5 
volume, ml 
Vmin lower saturation value for venous unstressed 2532.5 
volume, ml 
VPL volume of plasma, ml 2695.0 
VTV total blood volume in the arterial and venous 4532.5 
segments, ml 
Vf total blood volume, ml 4900.0 
Vu total unstressed blood volume in arterial and venous 4061 
segments, ml 
Vu,sv unstressed blood volume in venous segment, ml 2842.7 
Vu,AP unstressed blood volume in arterial and pulmonary 1218.3 
segments, ml 
VD total dead space volume, ml 150.0 
xii 
VuPT 
VBj 
VALJ 
VAJ 
VEj 
Vfii 
w 
WD 
rin 
equivalent gas storage space of upper tissue 
compartment, ml 
28,000.0 
Y. 
Y' 
02 
out 
02j 
YC02 
zm 
Greek 
c 
"^TISSUE 
TBRAIN 
tTISSUE 
T'BRAIN 
T1 
t2 
'C3 
T4 
Y 
pulmonary capillary blood volume associated with 
jth alveolar compartment, ml 25.0 
alveolar volume of the jth lung compartment, ml • 
flow rate of air into the jth lung compartment, ml/sec * 
flow rate of air exiting the jth lung * 
compartment, ml/sec 
blood volume in ith pulmonary compartment, ml 2.5 
total water content of body, ml 40,000.0 
rate of intake of water, ml / sec • 
concentration of O2 in incoming air 0.21 
concentration of O2 in air leavmg jth lung * 
compartment 
concentration of CO2 in incoming air 
lung interstitial layer thickness, microns 
shunt fraction 
lag time in gomg from tissues to lungs, sec 
lag time in going from brain to lungs, sec 
lag time in going from the lungs to tissue, sec 
lag time in going from the lungs to brain, sec 
time constant of resistance controller, sec 
time constant of heart period controller, sec 
time constant of venous unstressed volume 
controller, sec 
time constant of venous compliance controller, sec 
surface tension, dynes / cm 
0.0004 
1.0 
0.0001 
2 
20.0 
20.0 
* 
xiii 
TCmv osmotic pressure of protein in plasma, mm Hg 22 
TCis osmotic pressure of protein in interstitial space, mm Hg * 
• depends on experimental conditions 
** depends on segment under consideration 
xiv 
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CHAPTER 1. INTRODUCnON 
Living systems are in dynamic equilibrium with the environment in which they live. 
There is a constant exchange of substances to and from the environment. For example, 
humans take in oxygen, water and food from the environment and give out carbon dioxide, 
solid and liquid wastes. Apart from this overall exchange, there is a constant exchange of 
substances at the organ and cellular levels. The essence of this dissertation is to gain a 
quantitative understanding of some of these exchange processes and how they are regulated to 
maintain homeostasis within the body. This treatise can be conceptually divided into two 
sections. In the first section, we have adopted a macroscopic view to show how the overall 
exchange of substances is regulated in the cardiovascular and respiratory systems. In the 
second section, a microscopic approach was adopted. We quantitatively estimated the role 
played by the surfactant in the lung, in controlling exchange of fluid across the pulmonary-
capUlary wall. 
Overall regulation within the respiratory and cardiovascular systems is brought about 
by feed-back compensation control. Unlike most technological control systems, physiological 
controls are most often non-linear and consist of a number of feed-back mechanisms which are 
coupled together. Due to the complexity of physiological control, explicit control algorithms 
cannot always be established. A semi-empirical approach was adopted to model regulation 
within the cardiovascular and respiratory systems. 
The basis of cardiovascular regulation is the maintenance of homeostasis of arterial 
blood pressure. In order to develop a model of the overall cardiovascular system a multiple 
modeling approach was adopted. The structure of the cardiovascular model is shown in Figure 
1.1. Each sub-model is concemed with one aspect of cardiovascular physiology. The 
pressure-flow model computes the pressure-flow distribution in the different body segments; 
the heart action model computes cardiac output on the basis of cardiac muscle mechanics; the 
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Figure 1.1 Schematic of the overall regulation and transport limitation model. 
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cardiovascular control model estimates the overall control brought about by the brain on the 
basis of error signals sent by the baroreceptors which are sensitive to changes in arterial blood 
pressure; and the renal model determines the change in total blood volume by computing the 
urine flow rate, since total blood volume is a function of the total body fluid volume which in 
turn is a function of the amount of urine formation. Hormones which regulate urine formation 
are included within the renal model. Description of total blood volume regulation is imperative 
in developing a model of long term regulation of the cardiovascular system, on the order of 
hours to days. 
The respiratory model is concerned with the maintenance of a constant carbon dioxide 
and oxygen level in the tissue and body fluids. This is achieved by the regulation of ventilation 
and cardiac output. A multiple modeling approach similar to the cardiovascular model was 
followed. The structure of the respiratory model is shown in Figure 1.1. The gas exchange 
model estimates the oxygen (O2) and carbon dioxide (CO2) exchange in the lungs and tissue; 
the mechanics model determines the energy required for expansion of the lung in order to 
determine the optimum ventilatory frequency; and the respiratory control model consists of a 
number of models of sensors which are sensitive to the changes in CO2 and O2 tension in the 
blood. These sensors send the error signal to the brain, the overall control center. The brain 
then sends impulses to the ventilatory and cardiac muscles. 
The context of this research project is within the overall aim of our research group, 
which is to develop a dynamic model of an environmentally-controlled closed-loop life-support 
system to be used for long-term space missions. The mass flows within the life-support 
system are governed primarily by the behavior of the crew. Thus, it is of primary importance 
to develop a detailed quantitative model of the human physiology to determine the load on the 
various life-support components. In accordance with this idea, physiological changes which 
occur in micro-gravity; such as the fluid shift from the lower to the upper extremities of the 
body, were incorporated into the cardiovascular and respiratory model. This model could thus 
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help in determining the O2 consumption and CO2 and urine production wliich serve as outputs 
from and inputs to, the life-support system. 
The project elucidated in the penultimate section of this dissertation, is in the context of 
the overall goal of this research project which is to gain a quantitative understanding of the 
influence of transport limitations in the cardiopulmonary system. We have coupled the lung 
mechanics model with a model of fluid exchange across the pulmonary-capillary wall. Fluid 
exchange across the pulmonary-capillary wall is dependent on hydrostatic and osmotic 
pressures within the pulmonary-capillary as well as in the fluid surrounding the pulmonary-
capillary. The lung mechanics routine, in mm ascertains the role of the lung surfactant in 
regulating the hydrostatic pressure in the fluid surrounding the pulmonary-capillary. In this 
maimer the surfactant controls fluid exchange across the pulmonary-capillary wall. 
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CHAPTER! LITERATURE RE VIEW 
2.1 Overview of respiratory and cardiovascular systems 
The inherent approach of all analytical physiological models is to develop a quantitative 
description of the relevant physiology. In this section a brief overview of respiratory and 
cardiovascular physiology is presented. 
2.1.1 Respiratory physiology 
Respiratory physiology focuses on a number of integrated processes. These are: 
pulmonary ventilation, external respiration, internal respiration and control of ventilation.. 
Pulmonary ventilation refers to the movement of air to and from the exchanging surfaces in the 
lung. This can be grouped under the heading of the mechanics-of-ventilation. External 
respiration refers to the diffiision of gases between the alveoli and the circulating blood, while 
internal respiration refers to the exchange of dissolved gases between the blood and the 
interstitial fluids in the peripheral tissues. These can be grouped under the heading of gas 
exchange apparatus. Homeostasis of arterial blood gas tensions can be achieved by the 
control of the rate of ventilation. This can be categorized as respiratory control. 
Mechanics-of-ventilation: In general, inspiration is active while expiration is 
passive during rest. During heavy exercise, expiration is active. The natural tendency of the 
lung is to recoil from the chest wall, and it is exactly balanced by the tendency of the chest wall 
to recoil in the opposite direction. The volume held by the lungs at the end of expiration, also 
known as the functional residual capacity (PRC), is a balance between the opposing elastic 
forces of the lung and the rib cage. The volume of air that moves into the lungs with each 
inspiration is the called the tidal volume (Vx). The tidal volume ventilates both the active 
region of the lung composed of the alveoli, called the alveolar volume V^, and the inactive 
region, called the dead space Vp. The air in the dead space does not take part in gas exchange. 
This is the air in the respiratory passages leading to the alveoli. 
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The change in the lung volume during inspiration is brought about by the contraction 
of the diaphragm and by the outward movement of the rib cage. The movement of air into the 
lungs is brought about by the difference in gas pressures existing in the environment and in the 
lungs. 
Statics of breathing: This deals with the dependence of the lungs and the thoracic 
volume on the pressures under static conditions. Study of the statics of respiration reveals that 
the lung and the chest wall are in apposition. When deformed, the lung would tend to return to 
its original position. The restorative forces for the lung are the summation of the elastic forces 
of the tissues and the surface tension at the alveolar surface. The surface tension is a function 
of the amount and nature of the surfactant lining of the alveolar surface. The total amount of 
surfactant lining the lung is a function of the lung surface area (Clements et al., 1970). As a 
result, during inspiration, as the lung area increases, the surface tension increases from a value 
of approximately 5 to 40 dynes per cm, and returns to 5 dynes per cm at the end of expiration 
(Brown et al., 1959). The elastic forces for the lung and the tissue are a function of the lung 
and tissue compUances respectively. Since the lungs and chest wall are inter-linked the overall 
respiratory compUance has been defined as (Jacquez, 1979): 
^ ^ T (2.1.1) 
Coverall Clung Cchestwall 
where 
Coverall is the overall respiratory compliance 
Clung is the lung compliance, usually about 0.2 lit / cm H2O 
Cchest wall is the chest wall compliance, usually about 0.15 lit / cm H2O 
Dynamics of breathing: The forces to be overcome in breathing are: elastic forces, 
frictional forces and inertial forces. The elastic forces arise due to the elastic properties of the 
lungs, chest wall and the abdomen, and the surface tension effects of the alveolar-liquid gas 
interface. The frictional forces are functions of the rate of change of lung volume and the 
7 
friction in the air spaces and the tissues due to the flow of gases. The air space resistance is not 
uniform but increases with an increase in V (dV / dt). The reason is that the volume of the air 
passages is not uniform. It changes in both diameter and length with a change in air-flow rate. 
It has been determined that during quiet breathing most of the resistance results from resistance 
to air flow, while only about 20% of the total resistance is contributed by tissue resistance 
(Jacquez, 1979). The inertial forces , which arise due to the acceleration of gases, are a 
function of the second derivative of the lung volume with respect to time. Inertance of the 
respiratory system is apparently linear and amounts to 0.01 cm H2O / lit / sec^ (Mead, 1956). 
This is negligible compared to the resistance. The driving pressure of the respiratory pump is 
thus a summation of the above three forces. 
Work of breathing: The total work required for breathing is the total work done by 
the respiratory muscles to overcome the forces of the statics and dynamics of breathing. The 
work is a function of frequency and tidal volume. 
Gas exchange apparatus: This section deals with the transport of oxygen from the 
air through the alveoli and into the blood stream to be carried to the tissues, while carbon 
dioxide is transported from the tissues to the alveoli. The transport of O2 in the blood is aided 
by hemoglobin. The reaction equilibrium of O2 with hemoglobin is usually represented by the 
O2 dissociation curve, which gives percent saturation as a function of O2 partial pressure. This 
curve has a characteristic sigmoid shape. The reason is that as O2 binds to one heme unit it 
increases its affinity for subsequent binding to the other heme units. The reaction of O2 with 
hemoglobin involves four reactions, each representing the addition of O2 to each of the heme 
units. Representing this reaction as a bimolecular reaction, it can be expressed as: 
k • 
Hb + 02 ^Hb02 (2.1.2) 
< 
k 
8 
where, k' and k are approximately equal to 3x 10^ liter mol"' sec*' and 40 sec', respectively 
(Jacquez, 1979). It is thus observed that the forward reaction is much faster than the reverse 
reaction. In most cases complete equilibrium between the capillary blood and the alveolar gas 
is achieved during the transit time in the capillary (Jacquez, 1979). The time to achieve 
equilibrium between the capillary blood and the alveolar gas is less than 0.01 second. 
Oxygen saturation of hemoglobin is affected by a number of factors. It was first 
discovered by Bohr (Bohr as quoted in Jacquez, 1979) that the oxygen dissociation curve is 
shifted to the right (i.e. a higher partial pressure of O2 (P02) is required for the hemoglobin to 
bind a given amount of O2) with an increase in carbon dioxide concentration in the blood. The 
reason is that the increase of CO2 concentration in the blood results in deoxygenation of 
hemoglobin. This is known as the Bohr effect. The effect of organic phosphates on the 
dissociation curve was first brought to light by Benesch (Benesch et al., 1967). It was pointed 
out that 2,3-diphosphoglycerate (DPG) shifts the dissociation curve to the right. Increases in 
temperature have also been shown to shift the dissociation curve to the right. 
Reaction of CO2 with hemoglobin: CO2 is carried by the blood in three forms: 
dissolved, as bicarbonate, and in the form of carbamino compounds. Unlike O2, the overall 
solubility of carbon dioxide is about 20 times that of oxygen (West, 1990), in that about 10% 
of the gases that are transferred to the alveoli from the blood are in the dissolved form. A 
major portion of the carbon dioxide ttansported in blood is in the form of bicarbonate: 
CO2 -f-H20 ( ) H2C03< > H+ + HCO3- (2.1.3) 
The above reaction is enhanced in the red blood cells as compared to the plasma, because of the 
presence of the enzyme CA (carbonic anhydrase). Some of the liberated H"*" combines with the 
oxyhemoglobin as: 
H++Hb02< >H+Hb +O2 (2.1.4) 
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Thus the presence of reduced hemoglobin aids in the loading of carbon dioxide. Some carbon 
dioxide also combines with the free NH2 groups of hemoglobin to form carbamates. Total 
CO2 carried by this method is around 30%. The reaction is: 
R-NH2 +C02< ^ RNHCOO- +H+ (2.1.5) 
At constant pH and partial pressure of carbon dioxide, more carbamino CO2 is formed with 
deoxyhemoglobin than with oxyhemoglobin. CO2 uptake is facilitated by dissociation of 
oxyhemoglobin, and oxygenation of hemoglobin facilitates unloading of carbamino CO2. This 
is called the Haldane effect.. The relationship between the partial pressure of CO2 and the CO2 
content of blood can be expressed in the form of a CO2 dissociation curve. 
The CO2 content of the blood is an important factor in maintaining the acid-base balance in the 
blood. The relation between pH and CO2 content is given by the Henderson-Hasselbach 
equation (West, 1990): 
pH = pKA +log— (2.1.6) 
O.O3XPCO2 
where KA is the dissociation or ionization constant for carbonic acid. pKA signifies the 
negative logarithm of KA. 
A review of literature reveals that a detailed treatment of the kinetics of 02 and CO2 is 
very difficult because of the complex chemical reactions involved. Hence researchers have 
resorted to empirical treatments in relating the reaction rates to gas tensions. Roughton and 
Forster (Roughton et al., 1957) were the first to propose an equation for the overall mass 
transfer coefficient across the capillary membrane (known as 'overall diffusing capacity' in 
physiology). The overall diffusing capacity is a function of the membrane diffusing capacity 
and rate of reaction in the plasma. This relation can be expressed as: 
— = — + (2.1.7) 
dl DM 0 ^ vc 
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where is the overall diffusing capacity 
DM is the capillary membrane diffusing capacity 
Yq is the capillary blood volume 
0 is the reaction rate per unit volume of blood per mm Hg partial pressure in the plasma. 
The above reaction would hold true for any gas. Only the 9 term would vary according to the 
rate of reaction of the gas in the plasma or red cells. 
Ventilation-perfusion: The gas which is exchanged across the alveolar-capillary 
surface is carried by the circulating blood to the left atrium. Best results are achieved when the 
ventilation and perfusion (i.e. blood flowing to the pulmonary capillaries) are well matched. It 
is found that there is a wide range of the ventilation to perfusion ratios in the lung (Pertini, 
1986). In a normal standing man the perfusion at the base of the lung is about 5 times higher 
than at the apex (Astrand and Rodahl, 1970), Ventilation on the other hand increases slowly 
from the top to the bottom of the lung (West, 1990). As a result, the ventilation-perfusion ratio 
is abnormally high at the top of the lung and much lower at the bottom (West, 1985). A more 
uniform ventilation-perfusion distribution is observed in supine posture, in heavy exercise 
(Jones, 1984), and in microgravity. 
Gas exchange in tissues: The circulating blood carries O2 to and CO2 from the 
peripheral tissues. Gas exchange between the capillary blood and the tissue occurs by 
diffusion. In general, chemical and diffusion equilibrium occur ahnost instantaneously in the 
tissue and the exiting venous blood concentration is essentially the same as that of the tissue. 
Thus the tissues can be described as storage volumes for the gas, with the amount of gas being 
stored being dependent on the tissue perfusion rate and the metabolic activity. 
Control of respiration: The primary objective of the respiratory control system is 
to maintain homeostasis in the arterial partial pressures of CO2 and O2 by adjusting ventilation. 
It works primarily as a feed-back controller in correcting disturbances in blood-gas tensions 
caused by environmental or metabolic changes. The primary controller is the brain. Since the 
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chemical supply to the brain is transported by the vascular system, the cardiovascular and the 
respiratory control are closely linked. 
The three basic elements of respiratory control are (West, 1990): 
(1) sensors: which gather information and feed it to the central controller. 
(2) central controller: this is located in the brain. It processes the information and sends 
impulses to the effectors. 
(3) effectors: these are the respiratory muscles which cause ventilation. 
Figure 2.1.1 shows a schematic of the respiratory control system. It consists of a 
controlled system and a controller (Chemiak, 1970). The effectors can be thought to constitute 
the controlled system. The system also includes the lung, chest wall, respiratory muscles, COj 
and O2 level in blood and body tissues. The controller consists of the respiratory neurons 
which are located in the brain and which cause the expiration-inspiration sequence. There are a 
host of sensors as shown in Figure 2.1.1. The most important are the chemoreceptors and 
the mechanoreceptors. 
Chemoreceptors: These are sensitive to blood gas tensions. They are of two kinds: 
Peripheral chemoreceptors: These are located in the carotid bodies and the aortic arch (Bledsoe 
and Hombein, 1981). The peripheral chemoreceptors are sensitive to changes in arterial blood 
O2 and CO2 concentrations and the pH of the blood. Studies by Hombein and coworkers 
show that the responses to arterial blood O2 and CO2 partial pressures are multiplicative rather 
than additive. On an equal mass basis the blood flow to the carotid bodies is about 40 times 
higher than that to the brain (Ganong, 1963). As a result the bodies have a very small arterio­
venous O2 difference in spite of a high metabolic rate. Therefore, these receptors primarily 
respond to arterial O2 tension rather than venous O2 tension (West, 1990). Information from 
the glomus cells within the carotid bodies is transmitted to the brain through the 
glosopharyngeal nerve (Hombein, 1966). The response of the peripheral chemoreceptors to 
arterial CO2 partial pressure is much less important than that of the cerebral chemoreceptors. 
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For example, under hypercapnia (e.g. breathing CO2 rich air) only 20% of demonstrated 
ventilatory response is initiated by the carotid bodies (West, 1990). Carotid and aortic 
chemoreceptors have a very rapid response. They have been found to respond to tidal changes 
in arterial gas tensions (Biscoe and Williams, 1981). In addition to the above two peripheral 
chemoreceptors, chemoreceptors in the coronary and the pulmonary vessels also play a role m 
the regulation of respiration (Ganong, 1963). 
To reiterate, the peripheral chemoreceptors are also sensitive to a fall in blood O2 
concenttation. The relationship between the firing of these receptors and the P02 is non-linear. 
Hardly any increase occurs in the rate of ventilation until P02 falls below 60 mm Hg, and then 
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Figure 2.1.1 Schematic representation of respiratory control system (adapted from 
Chemiak, 1981) 
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the rate rapidly increases. The influence of P02 in controlling ventilation is especially 
prominent under hypoxic (less O2 in inspired air) conditions. 
Cerebral chemoreceptors: The cerebral chemoreceptors are about 200-400 micrometers below 
the ventral surface of the medulla. They are surrounded by the brain extra-cellular fluid and 
respond to changes in its H+ concentration. An increase in H+ concentration stimulates 
ventilation and vice versa. The extra-cellular fluid consists primarily of cerebrospinal fluid 
(CSF). The CSF is separated from the blood by the blood brain barrier, which is relatively 
impermeable to H"'" and HCO3", although molecular CO2 diffuses through easily. The CO2 
level in the blood stimulates the cerebral chemoreceptors. As the CO2 tension rises, more CO2 
diffuses into the CSF, where it ionizes to form H"*", which in turn activates the cerebral 
receptors. The cerebral receptors are not sensitive to changes in Ch tension. 
Apart from regulating the amount of ventilation, the arterial gas concentrations also 
influence the cardiac output and the blood flow to the specialized regions of the body, such as 
the brain. It has been reported in the literature that with an increase in partial pressure of CO2 
(Pco2) or a fall in Po2> there is an increase in cardiac output (Grodins, 1967). The blood-gas 
tensions also influence the cerebral blood flow. The arterioles in the brain, like those in the 
other parts of the body, are directly affected by the changes in Pco2 and Po2- A rise in Pco2. 
which increases the local H+ concentration, results in dilation of the cerebral vessels. A fall in 
Pco2 has a constrictor effect. 
Mechanoreceptors: Mechanoreceptors are responsible for non-chemical respiratory 
regulation. They control; 
(1) basic rhythmic respiratory oscillations 
(2) initial respiratory stimulus at the onset of exercise 
(3) removal of irritants in the respiratory pathway 
(4) control of airway caliber 
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The mechanoreceptors responsible for the regulation of the respiratory rhythmic pattern 
are located in the tracheobronchial tree and within the respiratory muscles, (Duron, 1981; 
Widdicombe, 1981). These receptors arejoined to the brain by the vagus nerve. Some of 
these receptors increase their output discharge frequencies in response to an increase in lung 
and chest wall inflation while others respond to the under-inflation of the lung and chest wall. 
Other mechanoreceptors are the nasal receptors, tracheo-bronchial receptors, and the laryngeal 
receptors. These receptors are responsible for coughing, apnea, swallowing, and removal of 
irritants in the respiratory pathway by secretion of mucus. 
Baroreceptors: These are stretch receptors located in the walls of the heart and blood 
vessels. Afferent nerve fibers from the baroreceptors in the carotid sinuses, aortic arch, atria 
and ventricles pass via the glossopharyngeal and vagus nerves to the medulla. Impulses in 
these receptors, responding to a fall in blood pressure, stimulate the respiratory centers causing 
hyperventilation, but the stimulatory effect is slight and of little physiologic significance 
(Ganong, 1963). 
2.1.2 Cardiovascular phvsiologv 
The primary function of the cardiovascular system is to supply O2 and remove CO2 
from the metabolizing tissues, to supply nutrients to the growing cells and remove waste 
products from the cells to the organs of excretion. The main components of the cardiovascular 
system (CVS) are the circulating fluid which is blood, the heart which pumps the blood, the 
vasculature through which the blood flows to the different parts of the body, and the 
cardiovascular controllers which ensure that the tissue blood flow meets the demand for O2 and 
nutrients. 
As mentioned in Chapter 1, the analytical model of the CVS consists of sub-models of 
the cardiovascular vasculature, pumping action of the heart and cardiovascular regulation. In 
this sub-section a brief summary of the physiological characteristics of each sub model will be 
presented. 
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Cardiovascular vasculature: This system is comprised of the blood vessels which 
carry the blood from the heart to the different parts of the body and then back to the heart. 
Depending on their elastic properties, the blood vessels can be classified as arteries, veins or 
capillaries. 
In traveling from the heart to the peripheral capillaries the blood passes through the 
arteries. The arteries are large diameter vessels with very elastic walls. As a result these 
vessels are able to tolerate the pressure shock produced during ventricle systole. During 
ventricle diastole, the blood pressure falls, and the elastic fibers on the arterial wall recoil to 
their original dimension. By the expansion and contraction of the arterial walls, these vessels 
convert an intermittent blood deUvery to a continuous one. Capillaries are very small diameter 
vessels, with the average diameter being around 8 |im. It is through the walls of these vessels 
that the gas and metabolite exchange occurs. Veins normally carry the deoxygenated blood 
excepting the pulmonary vein. They can be classified according to their dimensions into 
venules and veins. Venous blood return begins at the collecting venules and ends at the vena 
cava. Blood pressure in the peripheral venule is about 10% of that in the ascending aorta and 
continues to fall within the venous system. The blood pressure is actually so low that it caimot 
oppose the force of gravity without assistance. As a result a number of large veins contain 
one-way valves which prevent the backfiow of blood. The venous system normally contains 
about 65-70% of the total peripheral blood volume (Johnson, 1991). Thus the veins act mainly 
as storage vessels. Therefore the veins are thin-walled vessels with a very high compliance. 
The vasculature of the body can also be classified into systemic vasculature and 
pulmonary vasculature. 
Systemic vasculature begins at the left ventricle and ends at the right atrium. At rest, 
the blood distribution to the different parts of the body depends on the size of the arteries and 
the amount of 02 requirement of the organ. This distribution changes markedly with exercise 
as blood is redirected from the other organs to the exercising muscles. 
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The puhnonary vasculature supplies blood to the lungs. The lung has two circulation 
systems: pulmonary circulation and a far smaller bronchial circulation. The mechanics of 
pulmonary circulation is greatly affected by the mechanics of the lung. The bronchial 
circulation supplies systemic arterial blood to the lungs; it has some anastomoses with 
pulmonary micro circulation, and it drains into the systemic venous system. 
Pulmonary circulation is different from systemic circulation in more than one respect 
(Caro et al., 1978): (a) it is a low pressure system, the average blood pressure is one-sixth of 
that in the systemic circulation, the total blood flow remaining the same as a result of which it 
entails a low resistance system and (b) in humans pulmonary arteries have thinner walls 
compared to the systemic arteries. 
Heart action: Central to the CVS is the heart. The heart actually consists of four 
pumps. One pau: of pumps services the pulmonary vasculature, and is located on the right side 
of the heart. The one on the left side pushes the blood through the systemic circulation. Each 
of these pairs has a pressure pump. Action of these pumps is similar to a piston pump. Each 
contraction of the heart muscle (myocardium) is called systole and relaxation is called diastole. 
The walls of each pump are distensible and follow a length-tension relationship. That is, 
cardiac muscle increases its strength of contraction as it is stretched, thus enabling each pump 
to adjust its output according to the amount of blood available to fill it. This is known as the 
'Starlings law' of the heart. Another term commonly referred to in CVS control is myocardial 
contractility. This refers to the measure of the contracting ability of the heart muscle, and is 
given by the relation between the force of contraction and frequency of contraction. 
The heart rate is an expression of the number of times the heart contracts in a specified 
unit of time. The basic heart rate is established by the pacemaker cells but the intrinsic rate is 
controlled by the autonomic nervous system. 
Cardiovascular control: The control system of the CVS exhibits the classic 
elements of a feed-back control mechanism. Classically, cardiovascular control can be divided 
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into three categories: metabolic control which depends on the chemical composition of the intra 
and extra vascular fluids, myogenic control which depends on the changes in transmural 
pressure of the blood vessel and influences the contractile state of the vascular smooth muscle, 
and neural control which is brought about by an alteration in the firing pattem of the nerves. 
Cardiovascular control has however been recognized to occur at many levels involving local 
control responses as well as responses imposed from central nervous system sites. Thus, 
cardiovascular control consists of a number of interrelated units which are integrated in such a 
manner as to maintain adequate chemical supply to the brain and other bodily structures despite 
levels of demand that may vary by several orders of magnitude. A general scheme for the 
maintenance of blood pressure is shown m Figure 2.1.2. 
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Figure 2.1.2 Diagrammatic representation of overall regulation of blood pressure. 
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Local control of blood flow regulation is called autoregulation. Autoregulation takes 
place by contraction or relaxation of smooth muscles embedded in the walls of the arterioles, 
metarterioles and the precapillary sphincter. It is metabolically mediated and provides a means 
by which local tissue controls its own blood flow. For example, some of the controlling 
agents are: partial pressure of O2 in the skeletal muscle blood vessels, CC)2 tension in brain 
blood and other substances such as renin in the kidney. 
The overall response mediated by the central nervous system is coordinated by means 
of cardiovascular sensors, a central controller and various responsive organs. The 
mechanoreceptors comprised of stretch receptors and baroreceptors are the most important 
among the diflferent sensors which provide input for cardiovascular control. Stretch receptors 
exist in the carotid sinus and aortic arch, baroreceptors are located in both branches of the 
pulmonary arteries and volume receptors are in the left and right atria. These receptors are 
responsible for maintenance of adequate arterial pressure. The relationship between the mean 
arterial pressure and the average carotid baroreceptor firing rate is sigmoid, with the normal 
blood pressure in the mid portion of the curve, where sensitivity (i.e. rate of change of firing 
rate to rate of change of mean arterial pressure) is greatest (Johnson, 1991). 
The cardiovascular controller is responsible for integrating different pieces of afferent 
information into a coherent strategy for effective cardiovascular response. Most of this 
integration occurs in the reticular substance of the lower pons and upper medulla, called the 
vasomotor center. 
Effector organs are the sites of cardiovascular control. All blood vessels with the 
exception of capillaries and venules are innervated with autonomic nerve fibers. Resistance of 
the arterioles is regulated to control tissue blood flow and arterial pressure. The capacitance of 
the veins, which act as storage vessels, are regulated to control the amount of venous blood 
volume. Venoconstriction and arterioconstriction occur together to shift blood to the arterial 
side of the circulation, when there is a fall in blood pressure, the contribution of 
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arterioconstiiction exceeds that of venoconstriction. Other important blood reservoirs are the 
skin and lungs. During severe exercise, constriction of the vessels in the organs, as well as 
decreased blood volume in the renal and splanchic bed, may increase the perfusion to 
exercising muscles. The central nervous system regulation of peripheral arterial resistance 
occurs due to the baroreceptors sensing the change in arterial pressure, as illustrated in Figure 
2.1.2. 
The other major effector organ is the heart. The heart, which is the ultimate source of 
blood pressure, plays a role in the regulation of the blood pressure. It is known that since 
stroke volume does not increase significantly even during exercise, increased heart rate is the 
major means of increasing cardiac output, (cardiac output is given by the product of heart rate 
and stroke volume). Coordinated control of blood pressure occurs with an increase of both the 
heart rate and peripheral resistance, since these two can be related as: 
p = Q X R (2.1.8) 
where p is blood pressure, Q is the cardiac output and R is the total peripheral resistance. 
2.2 Overview of water regulation and renal svstem 
This section presents a brief summary of the dynamics of the maintenance of normal 
body water volume in the body and the interaction of the body fluid with the external 
environment. The average water content of a normal adult male is about 60% of the body 
weight while that of a normal adult female is about 50% of the body weight. The total body 
water content can be divided into two categories: the intra-cellular fluid 'ICF, which exists 
inside the cell and constitutes nearly two-thirds of the total water content, and the extra-cellular 
fluid "ECF, which contains the rest of the body water and can be divided into interstitial fluid 
and plasma. Water enters the body as liquid, mostly through food and some through the 
intracellular oxidative metabolism of various nuuients. Water is lost from the body by sensible 
and insensible perspiration, urine and feces. 
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The basic underlying principle pertaining to fluid regulation is that all the homeostatic 
mechanisms that adjust and monitor body fluids respond to changes in ECF, but not ICF. That 
is, the receptors monitoring the composition of ECF, on detecting significant changes in 
composition and volume trigger the appropriate neural and endocrine responses. The 
endocrine mechanism of the maintenance of homeostasis involves: 
(1) Release of antidiuretic hormone, (ADH), when plasma osmolality increases by 2%. This 
results in (a) reduction of urinary water loss, (b) stimulation of the thirst center to promote 
fluid intake. 
(2) Increase in plasma osmolality also results in secretion of aldosterone 'ALD' which leads to 
conservation of sodium and hence water. 
(3) Release of atrial natriuretic peptide 'ANP', by the muscle cells in the atria of the heart, 
when the plasma volume exceeds the normal level. This results in reduction of thirst, and 
blocking of the release of ADH and ALD. Consequently there is an increase in diuresis and 
lowering of plasma volume. 
(4) Secretion of renin by the juxtaglomerular apparatus occurs in response to decreased blood 
volume or blood pressure. Renin converts the circulating blood protein angiotensin to 
angiotensin I. Angiotensin I is then converted to angiotensin U by the enzyme ACE 
(Angiotensin converting enzyme). This enzyme is mostly located in the endothelial cells. 
Much of the conversion of angiotensin I to angiotensin II occurs in the lung tissue, but there is 
some conversion in the other parts of the body. Angiotensin II is responsible for 
vasoconstriction, which elevates blood pressure, increases secretion of ALD and ADH, and 
stimulates the thirst center. 
The role played by the renal/ urinary system in the maintenance of body water 
homeostasis involves regulation of blood volume and blood pressure by controlling the amount 
of water lost as urine, and the maintenance of plasma osmolality by regulating the amount of 
electrolytes, (e.g. sodium, potassium, calcium and other ions) in the urine. 
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The urinary system includes the kidneys, ureters, bladder and urethra. The functional 
unit of the kidney is the nephron. A nephron consists of a renal tubule and an expanded end or 
a Bowman's capsule. The Bowman's capsule surrounds a capillary bed, the glomerulus, 
which receives blood through an afferent arteriole and discharges through an efferent arteriole. 
Details about the anatomical structure of the kidney can be found in an anatomy textbook 
(Martini, 1992). 
The kidneys receive about 20% of the resting cardiac output and filter out a fluid 
similar to plasma. The conversion of this filtrate to urine involves a number of steps, which 
are outlined below. 
(1) Filtration across the walls of the glomerulus into the capsular space as the fluid moves 
through the glomerulus. The filtrate produced at the corpuscle has the same osmolarity as the 
plasma. 
(2) Active removal of ions and other solutes in the proximal convoluted tubule. This produces 
a continual flow of water out of the filtrate. 
(3) In the proximal convoluted tubule and the descending limb of the loop of Henle, the 
mbules are freely permeable to water, and changes in external solute concentration result in 
concomitant movement of water out of the tubule by osmosis. 
(4) In the ascending limb, the epithelium is impermeable to water and urea. In this portion 
sodium and chloride ions are actively transported out, thus the filtrate reaching the distal tubule 
is relatively hypotonic with respect to the peritubular fluid. 
(5) In the distal collecting tubule, the final concentration of filtrate is adjusted. These segments 
are essentially impermeable to water, unless exposed to ADH, which would then regulate the 
reabsorbtion of water. 
These processes have been taken into consideration in developing an analytical model 
of the kidney. As far as ions are considered, sodium accounts for over 90% of the cations in 
the ECF (Guyton, 1984). Due to the electroneutrality of the ECF, the number of cations is 
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balanced by the number of anions. Since ions account for most of the dissolved species in the 
body fluids, the concentration of sodium is directly related to the fluid osmolality. Therefore, 
for our purposes, considering only the renal handling of sodium and water would suffice to 
describe the relationship between the plasma volume and the kidneys. 
2.3 Overview of mass transfer in the human lung 
In order to sustain life living beings take in a variety of nutrients and dispense a variety 
of waste products. Mass transfer therefore plays a vital role in the sustenance of life. This 
process of mass transfer occurs in all the systems of the human body. One such example is the 
respiratory system where mass transfer from the air side to blood and vice versa takes place by 
convection, diffusion and chemical reaction in a biphase gas-liquid system. For example, a 
component in the air side to move to the blood side has to pass through a series of resistances. 
They are (Seagrave, 1971): 
(a) The alveolar gas film 
(b) The alveolar membrane 
(c) The interstitial space 
(d) The pulmonary capillary wall 
(e) The film of plasma near the wall 
(f) The plasma 
(g) The red cell membrane 
(h) The intracellular fluid 
(i) Chemical reaction within the red blood cell 
Combining steps which present negligible resistance, the key steps in determining gas 
transfer are: 
(a) Diffusion through the membrane, (this includes the alveolar membrane, interstitial space 
and capillary membrane) 
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Pg = Gas Diffiisivity x (—) (2.3.2) 
PT 
(b) Diffusion through the plasma 
(c) Reaction in the cell 
The gas exchange property of each layer is defined by its 'diffusing capacity*. In 
physiology, diffusing capacity for a gas 'Dg' is defined as the flow of gas per unit time that 
occurs if the gradient pressure is one unit. The diffusing capacity of the membrane and plasma 
is related to its dimensions. This relation is given by (Weibel, 1983): 
P g X S  
Do = — (2.3.1) 
^ T 
where Pg is the membrane permeability to the gas. According to Middleman (Middleman, 
1972) the membrane permeability can be defined as: 
where a is the gas solubility in the membrane and PT is the total pressure of the system. 
S is the membrane surface area 
t is the membrane thickness 
Since the three resistances are in series, the overall lung diffusing capacity, 'DL' is given by: 
-1- =  ^ i (2.3.3, 
DL DM DP Dc 
where DM is the membrane diffusing capacity 
Dp is the plasma diffusing capacity 
Dc is the red cell diffiising capacity 
The red cell diffusing capacity is given by the product of 0 and Vc, where 0 is the 
diffusing capacity of 1 ml of whole blood and Vc is the pulmonary capillary blood volume 
(Staub, 1962). 
In spite of the resistances offered by all the above mentioned layers the lung is very 
effective in carrying out its most vital function of gas exchange between air and blood. To do 
this the lung is equipped with a very large surface area of about 70 m^ and an exceedingly thin 
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barrier of about 2 microns thick between the air and the blood. The functional gas exchange 
unit of the lung is the alveolus. An alveolus is a small sac-like structure about 100 - 200 
microns in diameter. There are about 300 million alveoli in a pair of human lungs. The 
alveolar wall is richly perfused with a mesh of capillaries. The alveolar wall is a single layer of 
epithelial cells. On one side is the pulmonary capillary and a variable amount of interstitial 
tissue, while on the other side between the epithelium and the alveolar air is the alveolar lining 
layer. The epithelial cells on the alveolar walls are of two types. Type I and Type H. The Type 
n cells secrete phospholipids which form an important constituent of the alveolar lining layer. 
Apart from phospholipids the alveolar lining also contains neutral lipids, polysaccharides and 
protein. This alveolar lining layer makes up the 'surfactant system of the lung'. Surfactants 
are defined as molecules which preferentially adsorb at the surface and act to lower the 
interfacial tension as a function of their concentration. The existence of the pulmonary 
surfactant was first discovered by Von Neergard in 1929 (as quoted by Bruderman et al., 
1964) and again by Pattle (Pattle, 1955). The surfactant system is responsible for a number of 
functions which are summarized below: 
(a) Reduction of the surface tension of the alveolar lining layer, by smoothening out the 
surface irregularities. 
(b) Reduction of the force required for the expansion of the lung, by decreasing the lung 
compliance. 
(c) Stabilization of the alveoli by preventing alveolar collapse. This is achieved by reduction 
of surface tension during the deflation phase of the lung. 
(d) Allowance of the capillaries on the alveolar walls to be open. For a capillary to be open, 
the capillary perfusion pressure has to exceed the surface forces on the thin air-blood interface. 
The surfactant reduces the surface forces. 
(e) Help in maintaining a water balance in die lung. In general, the movement of fluid from the 
capillary to the interstitial space is given by Starling's law (Martini, 1992), as shown below: 
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QA = Ka X [(Pmv - Pi) - - TCi)] (2.3.4) 
where QA IS the net fluid filtration across the capillary endothelium 
Ka is the filtration coefficient 
Pmv is the hydrostatic pressure in the plasma 
Pi is the interstitial fluid pressure 
a is the protein reflection coefBcient 
is the osmotic pressure in the plasma 
K: is the interstitial space osmotic pressure 
Experimental evidence indicates that the interstitial space hydrostatic pressure 
surrounding the pulmonary-capillary can be equated to the surface pressure generated at the 
lung surface, the surface pressure being hydraulically transmitted to the blood vessel wall, 
(Lai-Fook et al., 1980). The surface pressure at the lung surface is a function of the surfactant 
level of the lung. Thus, the surfactant plays a role in controlling the amount of water exudation 
into the lung interstitium. In the absence of the surfactant system, the increase of water level in 
the lung interstitium will eventually lead to a flooding of the alveoli, which would consequently 
hinder gas exchange across the alveolar-capillary barrier. 
2.4 Effects of micro-gravitv on the cardiopulmonarv svstem 
Gravity plays a major role in affecting the fianction of the human body. In normal 
gravity all biological systems are usually in a state of homeostasis. On exposure to micro-
gravity, an imbalance occurs in physiological systems. Some of these changes are 
instantaneous while others occur over a period of time. For example, neuro-vestibular 
adjustments and fluid shifts fix»m the lower to upper extremities can occur within a few days of 
exposure, while a peak change in the red blood cell mass can be detected only after 60 days of 
exposure. Other changes such as calcium loss, loss of lean body mass, and effects from 
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cumulative radiation can increase gradually all through extended exposure (Nicogossian and 
Parker, 1982). 
Constraints imposed by conditions during actual space flight often make it impossible 
to study the mechanisms responsible for physiological adaptation to micro-gravity. 
Simulations are thus a usefiil tool to supplement available data. Micro-gravity is often 
simulated by a 6 degree head-down tilt. Other classical methods are "bed rest' and 'water 
inmiersion' (Wunder, 1968). Total body water immersion is cumbersome and introduces 
hydrostatic gradients that may produce confounding hemodynamic changes. The studies by 
Kakurin and coworkers showed that head-down tilt produces more prominent physiological 
changes than horizontal bed rest and is likely to approximate more closely conditions during 
exposure to micro-gravity (Kakurin et al., 1976). The 6 degree head-down tilt is preferred as it 
can produce significant physiological change without causing undue discomfort. However, 
neither head-down tilt nor water immersion are ideal methods because none of these can 
eUminate the effect of gravity on the lung itself (Prisk et al., 1993). It has also been observed 
that the head-down tilt resulted in large reductions in lung volume because of the head-ward 
shift of the diaphragm. Thus, volume decrease is far greater than what is actually observed in 
micro-gravity (Paiva et al., 1989). Moreover, all simulation studies are limited by an inherent 
residual hydrostatic gradient. 
The effects of micro-gravity on the cardiopulmonary system are Usted below. This section 
has been divided into two subsections, each dealing with the effects on the pulmonary and 
cardiovascular system respectively. 
2.4.1 Effects on the pulmonarv system 
The respiratory system is very susceptible to microgravity. Despite this susceptibility, 
very little information is available about the effects of micro-gravity on the respiratory system. 
This may be due to the fact that no Ufe threatening ventilatory problems in micro-gravity have 
been identified so far (Engel, 1991). The observed effects can be grouped as: 
27 
Redistribution of blood volume and extra cellular fluid: Fluid shift from the 
lower to the upper extremities causes a reduction in the lung functional residual capacity while 
increasing the thoraco-abdominal volume. Enlargement of the pulmonary blood vessels occur 
resulting in an increase in the overall pulmonary diffusing capacity. There is also a 
concomitant increase in pulmonary vascular pressure. 
Lung volume: As early as 1964, Agostoni and Mead (Agostoni et al., 1964), had 
predicted from their mechanical lung model work that in micro-gravity the diaphragm and the 
abdomen would shift cranially and the rib cage would move outward because of the absence of 
the pull of gravity on the abdominal contents and ±e abolition of the weight of the shoulder 
girdle. The net result of these changes would be a 10% reduction in lung functional residual 
capacity (FRC). Experimental results from Spacelab SLS-1 show that FRC during micro-
gravity is reduced by 15% (about 500 ml), compared with 1-gravity standing controls. This is 
about 620 ml greater than the FRC measured in the supine posture in normal gravity (Elliott et 
al., 1994). 
The lung vital capacity 'VC (VC is the exhaled volume after maximum inspiration) was 
found to be reduced by 10% in space relative to normal gravity conditions (Sawin et al., 1976). 
This is again due to the increase in the thoracic blood volume, which results in cranial shift of 
the diaphragm. 
Residual volume (RV) is the total volume of all the alveolar units in the lung and the 
volume of the air ways. In a normal lung the RV is determined by the static balance exerted by 
the expiratory muscles and that exerted by the passive recoil of the chest wall. Experimental 
evidence indicates that the pooled RV decreased by approximately 18% (about 310 ml) in micro 
gravity (Elliott, 1994). The reasons for the decrease in RV in micro-gravity is the increase in 
intra-thoracic blood volume. In a normal lung for a person in a standing posture on earth there 
is an apico-basal gradient in RV (Milic-Emili, 1986). In micro-gravity the gradient in RV is 
abolished. The alveolar units in the apical region are no longer stretched by external forces due 
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to the weight of the dependent units and as a result the RV of the alveolar units in the upper 
region is reduced. This results in an overall reduction in RV. 
Total lung capacity (TLC) is determined by the balance between the passive recoil of the 
chest wall and the lung and the agonist muscles. TLC is found to decrease by approximately 
18% in micro-gravity (Elliott, 1994). The reduction in TLC is due to the reduction in RV. 
Tidal volume is found to be reduced by 15% (approximately 90 ml) in micro-gravity 
concurrent with an increase in respiratory frequency (Elliott, 1994). 
Chest wall configuration: In normal gravity change of posture alters the chest 
wall shape and the relative displacements of the rib cage and the abdominal compartments 
during normal breathing (Agostoni, 1964). Hence it is not unreasonable to expect a change in 
chest wall configuration in micro-gravity. Chest wall mechanics in micro-gravity is 
intermediate between that of upright and supine position in normal gravity. There is an 
increase in the end expiratory volume of the rib cage and a decrease in the expiratory abdominal 
volume (Edyvean et al., 1991). 
Lung shape: Lung shape has been measured to determine whether the 
inhomogeneity in ventilation is due to the distortion of the elastic lung by its own weight or due 
to the effect of gravity on the shape of the rib cage and diaphragm. Radiograph measurements 
made by Michels and coworkers (Michels et al., 1979), on 25 individuals sitting in a model 23 
Leaijet operated by the National Aeronautics and Space Administration (NASA) Ames 
Research Center show only small and inconsistent changes in lung shape between zero 
andnormal gravity, although there is a tendency for the lungs to become shorter and wider 
(Paiva et al., 1989). The changes in any lung dimension between zero and normal gravity are 
within 3% of each other. It is thus concluded that the ventilation-distribution in an upright 
human lung is due to the distortion of the lung tissue by its own weight. 
Pleural pressure: It has been demonstrated from the studies of Agostoni and 
D'Angelo (Agostoni et al., 1971) that the primary effect of gravity is the distortion of the rib 
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cage and diaphragm, leading to vertical differences in the intrapleural pressure. It can thus be 
extrapolated that pleural pressure differences would be abolished in micro-gravity. 
Distribution of ventilation-perfiision: In an upright human lung in normal 
gravity there is a non-uniform distribution of ventilation-perfusion. Gravity is thought to be 
the principal factor responsible for causing topographical distribution of ventilation. In micro-
gravity with the distorting factors being eliminated, there is a more uniform distribution of 
ventilation-perfusion (Michels et al., 1978). Apart fiwm gravity there are some non-
gravitational factors which are responsible for causing ventilation-perfusion inequality. 
Incomplete diffusion equilibration along the acinus and convection-diffusion interactions bring 
about inhomogeneity in small regions of the lung. Factors such as differing lung compliances, 
airway resistance and chest wall and diaphragm motion have a greater influence on ventilation 
distribution (Guy et al., 1994). Recent experiments by Guy and coworkers (Guy et al., 1994), 
on crew members on a 9-day flight of Spacelab SLS-1 indicate that some amount of 
inhomogeneity in ventilation distribution is still retained in micro-gravity. They believe that 
this is due to the persistence of airway closure in micro-gravity. Another set of experiments by 
Prisk (Prisk, 1994), indicates that in prolonged micro-gravity some amount of perfusion 
inhomogeneity still persists. They have not elucidated the reason for this, but have put forth 
the hypothesis that this could be due to the persistence of inhomogeneity in perfusion in lung 
regions which are not within the same acinus, with the most peripheral regions being most 
poorly perfused. 
Abdominal contribution: It is found that during micro-gravity the abdominal 
contribution to chest wall excursion increases from 0.39 to 0.57 (Paiva et al., 1989; Edyvean et 
al., 1991). However, the tidal swings in end-expiratory pressure showed no effects in micro-
gravity. From experimental results it is observed that during micro-gravity there is an increase 
in abdominal volume by 346 ±68 ml, and the volume of the rib cage consequently increases by 
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102 ml (Edyveen, 1991). The increase in abdominal volume is consequential to the increase in 
abdominal compliance from 43 ±9 to 70± 10 ml/ cm water. 
The increase in the volume of the rib cage is due to the removal of the deflationary effect of 
gravity on the rib cage and the gravitational unloading of the abdomen. The most likely 
mechanism for the increase in abdominal compliance is the inward displacement of the anterior 
abdominal wall in micro-gravity resulting in a reduction of the tension in the anterior abdominal 
wall. 
Pulmonary diffusing capacity: The pulmonary diffusing capacity of the lung 
(DL) is a function of the alveolar membrane diffusing capacity (DM) and the pulmonary 
capillary blood volume (Vc). This relation has been shown in the precceding section. The 
experiments carried out by Prisk and co-workers (Prisk et al., 1993), on a 4-member crew 
exposed to 9 days of micro-gravity during the Spacelab Life Sciences-1 mission (SLS-1), 
indicate that there is a sustained increase in DL in micro-gravity. They have reported that DL in 
micro-gravity was elevated by 28% compared with the preflight standing values, and was also 
higher than the preflight supine posture because of the elevation of both Vc by 28% and DM 
by 28%. Postflight DL immediately retumed to base-line values. 
DM is direcdy proportional to the surface area available for diffusion and inversely 
proportional to the thickness of the alveolar-capillary membrane. It is known that in a normal 
lung, the apical blood flow is small compared to the base, and thus capillary filling is uneven. 
With increasing distance down the lung, as the blood flow increases, more capillaries are 
recruited, resulting in an increase in the blood-gas interface areas, and hence DM- In micro-
gravity the hydrostatic gradients in vascular pressures are abolished. Capillary filling is now 
uniform, and because of the extensive capillary recruitment there is a substantial increase in 
DM- Another factor responsible for the increase in DM is that in micro-gravity all of the 
capillaries are in zone 3, and have no collapsed regions as are present in zone 1 or 2 (West et 
al., 1964). According to West (West et ai., 1964) the upright lung can be divided into three 
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zones. In zone 3, where Pa (arterial pressure) and Py (venous pressure) is greater than alveolar 
pressure (PA), the capillaries are fiiUy distended. In zone 1, PA >PA > PV. while in zone 2, Pa 
>PA >PV The increase in Vc in micro-gravity is due to the fluid shift from the lower to the 
upper extremities and the absence of pooling of blood in the periphery. 
Ventilation: Isolated observations of breathing patterns have been made during space 
flights. For example in 6 of 9 Skylab astronauts resting ventilation in space was found to be 
higher than normal gravity values (Michels et al., 1977). 
2.4.2 Effects on the cardiovascular system 
The literamre indicates that cardiovascular adaptation to micro-gravity is accomplished 
in the first 12 hours after the onset of micro-gravity, (Blomqvist, 1981; Kakurin, 1976). 
Micro-gravity causes a headward shift of body fluids. There is a concomitant increase in blood 
volume in the thoracic region. This thoracic increase in blood volume is sensed by the 
baroreceptors, which initiate the adaptation process. Adaptation is primarily brought about by 
diuresis and a consequent reduction in blood volume. Studies have revealed that the capacity to 
perform heavy dynamic leg exercise, which is a measure of how the capability index of the 
cardio-vascular system is maintained in space flight, is reduced in the upright position in post 
flight. This implies impairment of cardiovascular function, which is due to the appropriate 
adaptation in micro-gravity by fluid redistribution, becoming inappropriate by return to normal 
gravity. 
Central Venous Pressure (CVP): Studies by Blomqvist (Blomqvist et al., 1981), 
on 10 normal men under 5-degree head-down tilt showed that at the start of head-down tilt, 
there is a fluid shift from the lower to the upper part of the body. The combined leg volume 
change is -6% (Blomqvist, 1981). There is a concomitant increase in CVP rising to a mean 
value of 1.9 - 2.2 cm H2O above the baseline value of 4.9 cm H2O, in the next 30 minutes 
(Blomqvist, 1981). CVP returns to normal in the next 90 minutes. The precise peak time of 
CVP varies from individual to individual. It has also been observed that some individuals 
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actually experience a decrease in CVP during head-down tilt (Kirsch et al., 1984). This is one 
of the significant issues of space flight adaptation. The increase in CVP is followed by an 
increase in left ventricular end diastolic diameter. Peak value of left ventricular end diastolic 
diameter was reached at 90 minutes, when CVP had returned to its baseline. It has been 
suggested that the cause of this rapid change in CVP is the transient increase in systemic veins 
distensibility (Nixon et al., 1979). The phase lag between CVP and the left-ventricular-end-
diastolic diameter (i.e. the left ventricular volume) implies a redistribution of intra-vascular 
volume from the systemic veins into the pulmonary bed. 
Overall fluid shift: Quantitative and qualitative evidence from the literature reveals 
that the cephalad fluid shift which is brought about by the introduction of micro-gravity can 
produce facial puffiness, nasal congestion, and headache (Berry et al., 1966). There is a 
concomitant increase in the capillary pressure in the head and a decrease in the plasma colloid 
osmotic pressure. Experiments by Berry at al. reveal that the plasma colloid osmotic pressure 
dropped significantly after 4 hours of head-down tilt. This is due to the change in the mode of 
fluid transfer from generalized filtration to absorption in the capillary beds below the heart. 
This induces fluid reabsorption from the lower body interstitium resulting in a dilution of the 
plasma proteins. With diuresis the plasma colloid osmotic pressure returns to normal with the 
progress of head-down tilt. 
The fluid shift in micro-gravity causes a variation in the intra-capillary pressures. 
Measurements by Levick and coworkers (Levick et al., 1978), have revealed that the intra-
capillary pressures above the heart level are lower and less variable with distance as compared 
to the the feet. This could be due to the shorter head to heart distance. As a result the micro 
vasculature of the head could be less adapted to an increase in vascular pressure which occurs 
in micro-gravity (Aratow et al., 1991; Sfakianos et al., 1985). 
Blood pressures: Arterial blood pressure does not change significantly during 
micro-gravity. Mean arterial pressure as well as systolic and diastolic pressures moderately 
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increased during head-down tilt without significant changes (LoUgen et al., 1984). Studies by 
Srinivasan (Srinivasan et al., 1982) show that the rise in mean arterial pressure is followed by 
a decrease to the pre-tilt value at the end of 24 hours. 
Cardiac output: Under conditions of short-term weightlessness, stroke volume rises 
in the first 24 hours of flight. Heart rate (HR) decreases, while cardiac output remains 
unchanged at the end of 24 hours (Nicogossian, 1989). In the head-down tilt position it is 
observed that the cardiac output increases in the first 90 minutes, but returns to pretilt supine 
values in the next 6 hours, (Nixon et al., 1979). Studies by Prisk and coworkers (Prisk et al., 
1993), during sustained exposure to micro-gravity revealed that cardiac output increased 
initially by approximately 18%, but subsequently at the end of 24 hours returned to prefiight 
standing values. Stroke volume on the other hand increased by 45% inflight, and was found to 
remain elevated at the end of 9 days of flight. 
Properties of blood vessels: There is an increase in the total peripheral vascular 
resistance during micro-gravity. Results using impedance plethysmography on subjects 
subjected to 6 degree of head-down tilt (Montgomery et al., 1993), revealed that there is an 
increase in the arteriolar or venous compliance for the cerebral vessels while arteriolar or 
venous compliance decreased for the lower body segments. 
Cerebral blood flow: The cephalad fluid shift in head-down tilt causes venous 
congestion. Cerebral blood flow (CBF) velocity measured by Kawai and coworkers (Kawai et 
al., 1993) on humans in a 6-degree head-down tilt using a Doppler technique revealed a 14% 
increase in CBF above the baseline. CBF reaches a peak after 3 hours of head-down tilt. The 
autoregulatory mechanisms of cerebral circulation tendto remm the CBF to baseline at the end 
of 6 hours of head-down tilt. Cerebral circulatory autoregulation tends to minimize the effects 
of venous congestion and elevated pressure on the brain by maintaining a constant perfusion to 
the cortical area in the brain (Matakas et al., 1971). This is brought about by reducing blood 
flow to the deeper segments of the brain (Moskalenko et al., 1964). 
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This illustrates the compensatory abilities of the cerebrovascular system. Experimental 
data show that there is a linear relationship between CBF and intra-cranial arterial pressure 
(Kawai et al., 1993). Thus, an increase in intra-cranial arterial pressure during head-down tilt 
(which arises due to the hydrostatic effects of head-down tilt), results in an initial increase in 
CBF velocity. This increase in intra-cranial pressure during head-down tilt has been verified 
experimentally (Murthy et al., 1992). 
2.5 Review of existing pulmonarv models 
The emergence of the art of quantitative formulation of the respiratory system dates 
back to the beginning of this century. The respiratory models existing in the literature can be 
broadly categorized as: 
(a) those concerned with the mechanics of respiration 
(b) those concerned with the gas exchange mechanism in the lungs 
(c) those concemed with the regulation of respiration to maintain constant blood gas 
concentrations 
Figure 2.5.1 is a concise representation of the contributions by various authors in the 
different categories of respiratory models. The dotted lines show that the model developed as 
a part of this project belong to the category of an overall control model with two components: 
respiratory mechanics component and a gas exchange component. The respiratory mechanics 
model was adopted from Otis (1950) with added features of pleural pressure distribution and 
the influence of surface tension. The gas exchange model was based along the lines of the 
model developed by Warner and Seagrave (1970). Ventilation-perfiision inhomegeneity as 
observed experimentally by West (1972) was incorporated within the gas exchange model. 
The pioneer in respiratory modeling was Haldane (Haldane, 1905), who pointed out 
the existence of the closed-loop nature of human respiratory control. However, the first 
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Figure 2.5.1 Overview of the existing pulmonary models in the literature 
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quantitative model was developed three decades later (Gray, 1945 as quoted in Grodins et al., 
1967). His was a steady state model which could model CO2 inhalation and arterial anoxemia 
The first dynamic model of the closed-loop respiratory control was developed by 
Grodins (Grodins, 1954). This was a very basic model with one lung compartment and one 
tissue compartment. The controlled variable was CO2 tension in the tissue compartment. Time 
lags within the controlling system were assumed to be negligible, as compared to the controlled 
system. This model could simulate only CO2 inhalation. A modification to this model was 
made by Defares (Defares et al., 1960). He introduced relations to model cerebral blood flow 
on the basis of arterial CO2 tension. A more sophisticated model was developed later by 
Grodins (Grodins, 1967). This is a more realistic model in the sense that the body has been 
divided into lung, brain and tissue compartments. Time delays are introduced. Chemical 
control of respiration is achieved by peripheral and cerebral controllers. The peripheral 
controllers depend both on H+ concentration in the arterial blood and partial pressure of O2. 
The cerebral controllers depend on H+ concentration in the cerebro-spinal fluid (CSF). The 
major disadvantage of this model is that the events of the breathing cycle are ignored and the 
lung is regarded as a box of constant volume with no dead space, ventilated by a unidirectional 
stream of air. With the advent of digital computers more sophisticated models of the overall 
respiratory system were developed. Some of the other stalwarts in this area are Horgan 
(Horgan et al., 1963), Milhom (Milhom et al., 1965), Longobardo (Longobardo et al., 1966) 
and Dickinson (as quoted in Hinds et al., 1980). 
Horgan and Lange (Horgan et al., 1963) added circulation times and O2 control to the 
basic Grodins' model (Grodins, 1954), in order to study periodic breathing. 
Milhom's model (Milhom et. al., 1965), a modification of Defares' model (Defares et 
al., 1960) introduced the effects of O2 as a controller of ventilation and considered finite time 
delays in the transport of gases from the lungs to the two tissue reservoirs (i.e. brain and all 
other tissues lumped together). 
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Longobardo's model (Longobardo et al., 1966) was used to model Cheyne-Stokes 
respiration, with the body modeled as three storage compartments as proposed by Farhi (Farhi 
1955), as arterial CO2 stores, venous CO2 stores in muscle, and venous CO2 stores in other 
tissue. Regulation is brought about by chemoreceptors and a respiratory controller. 
A holistic digital computer model for respiratory control was developed by Dickinson 
(as quoted in Hinds et al., 1980). This model was primarily used as an educational tool. This 
models incorporates both venous and arterial pools. It allows the effective dead space and 
venous admixture to change djmamically with tidal volume, cardiac output, positive end-
expiratory pressure and alveolar gas tensions. Ventilation control is brought about by 
peripheral and central neural mechanisms. 
A different approach was adopted by Duffin (Duffin, 1972) in modeling the chemo-
reflex control of ventilation. Unlike his predecessors such as Gray or Grodins, who used 
empirical relations to simulate controller action which fit experimental data, Duffin used the 
rectangular hyperbolic stimulus response curve as used in theoretical pharmacology to model 
the chemo-reflex feed-back equation. This model includes the interaction of hypoxia and CO2 
in a multiplicative fashion to satisfy the relations obtained by Nielson and Smith (Nielson et al., 
1952). Nielson and Smith obtained experimental data to relate ventilation with arterial blood 
partial pressures of O2 and CO2. Their experimental observations showed that the relation 
between ventilation and arterial O2 tension is approximately rectangular hyperbolic at any 
constant level of arterial CO2 tension. The relation between ventilation and arterial CO2 tension 
is approximately linear at any constant level of arterial O2 tension, if arterial CO2 tension is 
above a threshold value. The slope of the linear portion of the CO2 tension-ventilation curve 
varies with O2 tension in a rectangular hyperbolic relation. The semi-empirical and 
multiplicative nature of Duffin's controller models, prompted us to adopt Duffm's approach in 
developing the model for the chemoreceptors in the respiratory model, to be elucidated in a later 
chapter. 
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A complex stochastic model of the respiratory system was developed by Priban 
(Priban, 1965). The main principle behind this model is a self-adaptive control. The 
respiratory control system consists of three interacting controls. 
(1) chemical control which minimi7.es the level of ventilation. 
(2) muscle control which minimizes the average energy expenditure of the muscles. 
(3) airway control which minimizes the energy required to ventQate the dead space. 
It is noteworthy to mention here the model developed by Yamamoto (Yamamoto, 
1978). This model is used to simulate hypercapnia of CO2 production and inhalation. This is 
a simpler model than Grodins' model (Grodins, 1967), in that only CO2 concentration is 
considered. An additional feature is that the controlled system which includes the lung, brain, 
and tissue consists in turn of an extra-cellular space, an intra-cellular space and a capillary 
blood volume. The components of the controlled system were connected by a branched first-
in-first-out representation of the circulating blood. A distinguishing feature of this model was 
the control system, which consisted of three components: 
(1) a term linearly proportional to the brain extra cellular CO2 partial pressure. 
(2) a term linearly related to the transmembrane gradient of the CO2 in the neuron. 
(3) a term linearly related to the difference between the present value of the partial pressure of 
CO2 and the average value of CO2 partial pressure at a previous time step. 
Grodins' model (Grodins, 1967) was fiirther modified by Saunders (Saunders et al., 
1980) by the following additions: 
(1) incorporation of cycUc ventilation 
(2) incorporation of variable lung volume 
(3) incorporation of dead space 
(4) inclusion of a shunt 
(5) addition of a separate muscle compartment 
(6) abolition of the separate CSF compartment 
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(7) adoption of only one set of controller equations to model the regulation of respiration, to 
mirror the experimental observations of Cunningham (Cunningham, 1974). Cunningham and 
co-workers obtained experimental evidence to show the integrative nature of ventilation, in that 
ventilation is dependent on both CO2 and O2 tensions in the arterial blood. 
A totally different approach was adopted by Fujihara (Fujihara et al., 1973a, 1973b). 
In this model heart rate and minute ventilation were computed by fitting a transfer function to 
experimental data obtained for subjects on a bicycle ergometer. 
A more complete model of the respiratory system was developed by Fincham and 
Tehrani (Fincham et al., 1983). This model is built along the Unes of the Grodins' model 
(Grodins, 1967), but has the additional feature that it can model the events of the respiratory 
cycle. Breathing frequency and tidal volume are optimized on the basis of minimal work. This 
model can represent the Herring-Bruer reflex, since the controller can modify the rate and depth 
of breathing only at the end of each breath. 
A common thread running through all the models mentioned above is that these models 
describe respiratory control in terms of the maintenance of homeostasis. The proposed 
mechanisms are those by which experimental results are recreated. The output is ventilation. 
Respiratory mechanical properties as included in Fincham's model (Fincham et al., 1983), 
assume constant resistances and compliances. 
There is yet another class of respiratory models which begin with the ventilation 
requirement and predict variables such as respiration rate, ratio of inhalation time to exhalation 
time and breathing wave shapes. These models are based on the premise of parameter 
optimization. 
An example of this category is one proposed by Yamashiro and Grodins (Yamashiro et 
al., 1971). The assumed air flow rate was described by an infinite Fourier series. Constant 
resistances and comphances were assumed. Expiration was assumed to be passive and the 
total work required for inspiration was minimized subject to the constraint that tidal volume 
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must satisfy ttie alveolar ventilation and dead space ventilation requirements. The optimum 
wave shape was obtained by computing the minimum of the square of the mean of acceleration 
of air in the respiratory passages. Different wave shapes were obtained for rest and exercise. 
This model was further improved in later years (Yamashiro and Grodins, 1973; Yamashiro et 
al., 1975). 
Another optimization model which deserves mention is the one first developed by 
Hamalainen (Hamalainen et al., 1978). In this model resistances and compliances are assumed 
to be constant and expiration and inspiration durations are known. The optimization function is 
the integral of the square of the driving pressure of the respiratory muscles. This model was 
also improved in later years (Hamalainen et al., 1980a, 1984b). 
Apart from the holistic respiratory models discussed above, a number of mathematical 
models have been developed to explain various transient respiratory phenomena. A plethora of 
mathematical models have been developed to explain the phenomena of periodic breathing, 
(PB). PB, which is described as a series of ventilatory oscillators, arises due to instabilities in 
the respiratory control system. An example of this category is the model developed by Carley 
(Carley, 1988), using a minimum number of input parameters. 
The respiratory models mentioned so far have used a macroscopic approach in 
modeling the lung gas-exchange apparatus. The pulmonary capillary is modeled as a single 
compartment and mass transfer limitation across the alveolar-capillary barrier is not taken into 
account. Moreover, the lung is usually modeled as a homogeneous compartment with only one 
ventilation-perfusion ratio throughout the lung. Some specialized models of the gas exchange 
apparatus have been developed which predict the effect on arterial gas tensions of mass transfer 
limitations and unequal ventilation-perfusion ratios. A few examples are (Colbum et al., 1974 
and Farhi, 1967). 
It is noteworthy to mention here the model developed by Warner and Seagrave (Warner 
et al., 1970). This is a distributed lumped parameter model of the respiratory system. The 
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pulmonaiy capillary was modeled as a series of three compartments and diffiision limitations 
were taken into account. Unlike other pre-existing comprehensive models, this model can 
provide an approximation of the gas concentration profile along the length of the capillary. 
A detailed model of gas exchange was developed by Wagner (Wagner, 1977). The 
capillary blood volume was divided into N equal compartments (N varying from 5 to 20), and 
the diffusing capacity was divided equally among each capillary compartment. The capillary 
profile and arterial gas tensions were computed for a given ventilation-perfiision distribution. 
Wagner's model was later modified by Saidel (Saidel, 1982), to provide a more clinically 
compatible model. Unlike previous models where inert gas input was by infiision, inert gas 
input was supplied by inhalation, making it more clinically compatible. 
Review of respiratory mechanics models: To reiterate, the respiratory control 
models mentioned so far have used a simplistic approach in modeling respiratory mechanics by 
assuming constant resistances and compliances. Many more sophisticated models of 
respiratory mechanics exist in the literature. Respiratory mechanics models can be classified 
into 3 categories (Johnson, 1991): 
(1) models of respiratory mechanics, which include airflow and mechanical parameter models. 
(2) gas transport models. 
(3) other types of models which include models of pulmonary vasculature, muscle mechanics, 
and lung deflation. 
Here we shall concentrate on the first category, since these kinds of models are 
pertinent to the description of the overall respiratory models. 
Classic contributions in the category (1) were first made by Rohrer in 1915 (as quoted 
by Otis et al., 1950). Using Rohrer's work as a basis, Otis and co-workers developed a more 
sophisticated model. Experimentally determined values for respiratory tract resistance and 
tissue resistance were used to derive the equations of respiratory mechanics. From these 
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equations the work of breathing, the optimal breathing firequency and the mechanical efficiency 
of the respiratory muscles were determined. 
It was later shown by Mead (Mead, 1960) that the optimum breathing frequency at rest 
corresponds more closely to one at which the average force or tension developed by the 
respiratory muscles is a minimum, rather than the work done by them. 
The above mentioned models have not taken into account thoraco-abdominal 
mechanics. A detailed model of the thoraco-abdominal mechanics was provided by Agostoni 
(Agostoni et al., 1965). Using this approach Jodat (Jodat et al., 1966) developed a 
mathematical model of the respiratory mechanics to investigate the dynamic relationship 
between muscle effort and the consequent change in lung volume. This model could be used to 
predict lung volumes under diseased lung conditions. Other notable contributors in the area of 
respiratory mechanics modeling are Collins, Hildebrandt, Yamabayashi, (Collins et al., 1967; 
Hildebrandt, 1969; and Yamabayashi et al., 1970). 
A more sophisticated model of respiratory mechanics was developed by Jackson 
(Jackson et al., 1973). Unlike previous models, this model takes into account the elastic force 
developed by the surfactant lining on the alveolar surface and also accounts for the varying 
upper and lower air way resistances. This model can closely predict the lung volume and 
pressure under various pathological conditions such as hyaline membrane disease and unilateral 
pressure obstruction. 
A considerably different mechanical model was presented by Shykoff (Shykoff et al., 
1982). The unique feature of this model is that it considers unequal lung filling. The lung was 
divided into two compartments in parallel. Also, non-linear resistances and compliances as a 
function of air flow rate into the lung were considered. 
The thoraco-abdominal models presented so far are simplified in the sense that the 
thorax and the abdomen are modeled as two parallel compartments, but the contribution of the 
rib cage is not taken into account. A more detailed model of the rib cage was developed by 
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Ben-Haim (Ben-Haim et al., 1990). This model is based on a phenomenological approach to 
the force balance. A distinguishing feature of this model is the uncoupling of the displacements 
of the diaphragmatic and abdominal wall. An excellent review of the existing static and 
dynamic mathematical models of the lung tissue is provided by Bates (Bates, 1993). 
All the models discussed above are suited for the range of applications for which they 
were designed. In choosing which model was best suited for our purpose, we initially listed 
our objectives and then determined whether any of the existing models were suitable for our 
purpose. 
2.6 Review of existing cardiovascular models 
The first general concept of blood circulation was established by William Harvey in 
1628. Later, in 1733, Hales established the fact that the arterial tree smooths out the 
periodically pulsating blood flow from the left ventricle to a relatively smooth outflow (as 
quoted by Moller et al., 1983). It was Otto Frank in 1899, who using Hales' experimental data 
formulated the well known 'Windkessel theory' (Moller et al., 1983). The basic premise of 
this theory is that arteries can be regarded as a system of interconnected elastic tubes with fluid 
storage capacity. 
A plethora of cardiovascular models exist in the literature. They can be broadly 
grouped into four categories: 
(a) those concerned with the mechanical aspects of circulation. 
(b) those concerned with the reflex control of circulation. 
(c) those concerned with the hemodynamics (i.e. the pressure-flow characteristics) of the 
system. 
(d) those concerned with the long-term regulation of circulation, which take into account the 
inter-relationships between circulatory ftinctions and body fluid volumes. 
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Figure 2.6.1 is a concise lepresentatioii of the existing literature in the various 
categories of cardiovascular models. The dotted lines show that the cardiovascular model 
developed as a part of this project belong to the category of an overall long term control model. 
The overall model includes a heart mechanics model based on Kappel's approach (Kapel et al., 
1993), a reflex control model based on Ursino's model (Urrsino et al., 1994), and a pressure 
flow model based on the lumped parameter approach. 
Models belonging to category (a) have incorporated detailed models of heart mechanics. 
In this area Robinson's model (Robinson, 1965) is noteworthy. This is a lumped parameter 
model of the heart and blood vessels. Each muscle fiber of the myocardium is modeled as a 
contractile element in parallel with an elastic element and in series with another elastic element. 
The force generated for ventricular contraction is the lumped estimation of forces generated for 
each of those muscle fiber elements. A second class of models in this category are the 
'optimization models'. In these models, left ventricular ejection dynamics are computed on the 
basis of minimization of the myocardial energy required for left ventricular contraction. 
Models developed by Noldus (Noldus, 1976) and Yamashiro (Yamashiro et al., 1979) belong 
to this category. A detailed model of the heart action is difficult to use in an overall model of 
the cardiovascular system (CVS). For this reason the single section heart model as developed 
by Sunagawa and Sagawa (Sunagawa and Sagawa, 1982) has gained wide popularity among 
the pulsatile models of the CVS. Their model is based on the use of the end systolic pressure-
volume characteristics to quantify the strength and pumping capabilities of the ventricles. In 
the case of non-pulsatile models of the overall CVS, a macroscopic approach is generally 
followed to model heart action. Kappel (Kappel et al., 1993) related stroke volume to the end 
diastolic volume by Starling's law of heart action. A different approach was followed by 
Rideout (Rideout, 1983). In this non-pulsatile model, the beat-to-beat pressures and flows 
were related to the end-systolic and end-diastolic compliances and heart rate. The stroke 
volume was given by the difference of end-diastolic filling and end-systolic volume. 
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Figure 2.6.1 Overview of tlie cardiovascular models existing in the literature. 
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Category (b) consists of models which deal with limited aspects of cardiovascular 
control. These models incorporate some elements of central nervous system control to simulate 
responses to various physiological stresses in order to study the mechanism of cardiovascular 
regulation. For instance, Warner (Warner, 1965) modeled the effect of vagal stimulation on 
heart rate. Others (Talbot and Gessner, 1973), simulated the vasodilatory effects of carbon 
dioxide and other metabolites as well as blood volume changes due to net efflux or influx from 
capillary beds. 
A more global perspective of cardiovascular regulation is offered by Grodins (Grodins, 
1963). He modeled the left and right hearts, pulmonary and systemic circulations, and the 
resistances and compliances exhibited by the blood vessels. His main contribution was to 
introduce sectional representation of blood vessels using linear wall compliances and viscous 
resistances. However, this model was that of an uncontrolled, passive cardiovascular system 
and was mainly useful in understanding the response to slow changes in pressures or flows. 
Since Grodins a number of models which simulate short-term (on the order of 1-2 
minutes) regulation of the CVS have been developed. The basic premise of all these models is 
to directly relate the hemodynamic inputs of the reflex control system such as arterial pressure 
and central venous pressure to hemodynamic outputs such as heart rate, contractility, arterial 
resistances and venous compliances. Some of these models directly relate the baroreceptor 
output to the arterial pressure (Avula et al., 1978), thus preventing a clear understanding of the 
reflex control mechanism. The more detailed approach of using separate controls for heart rate, 
contractility, arterial resistance and venous tone was initiated by Katona and coworkers in 
developing a model of carotid baroreceptor control of heart rate (Katona et al., 1967). Table 
2.6.1 offers a comparison of some of the key aspects of a few of the frequently cited models in 
this area. An excellent review of most of the cardiovascular models was published by Melchior 
and coworkers, (Melchior et al., 1992). 
Table 2.6.1 Comparison of cardiovascular model cluuaclerislics 
liivc.sligiilui Totiil number 
of segments 
Hcnil ncliun i 
Prnnk 
Sinrling 
meciinnism 
node! 
Vcniriculnr 
pressure 
volume 
rclntion.sl)ip 
Pressure-
Incrlnnce 
flow model 
Venous 
valves 
Peii|)licrnl 
rcsislnnce 
Conlioller 
Henil rnle 
model 
Venous 
capncily 
Cnrdlac 
conltncltUly 
Dcnehiii uiid 
Dcwil, 1967 
19 X X X X X X 
Mollcr, 1983 6 X X X 
Synder and 
Ridcoul, 
1969 
31 X X X X X 
Croslon niul 
coworkers, 
I97'« 
36 X X X X X X X 
Ur.sino, 
1994 
6 X X X X 
Iloycr.s. 
1972 
7 X X X X 
Jnron, 1984 33 X X X X 
Lxnning, 
1983 
19 X X X X X X X 
K.ippcl, 
1993 
6 X X X 
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In the leahn of pressure flow models as in category (c), several basic models have been 
developed dating back to the times of L. Euler and D. Bernoulli. An extensive review of all 
these models is not presented here. The techniques for modeling arterial blood flow can be 
divided into two groups: lumped parameter models and distributed parameter (Navier-Stokes) 
models. Lumped parameter models are relatively simplified models, however they lack the 
ability to simulate the complex nature of blood flow. Distributed parameter models, on the 
other hand, incorporate the non-linear form of the Navier-Stokes equation. These models can 
simulate oscillations in blood flow. One of the most important contributions in this area was 
published by Womersley in a series of papers published between 1955 and 1958. However 
the distributed parameter models are mathematically more complex. 
The objective of this research project was to model the overall CVS. The focus was to 
gain an understanding of the overall regulation process using a simplified model of blood flow. 
Thus a lumped parameter approach for the circulation was adopted. Therefore a brief summary 
of development of lumped parameters models is presented here. 
The Windkessel' model developed by Otto Frank in 1899, sets the basis for the 
development of the lumped parameter models. The basic Windkessel model suffers from many 
inadequacies in that it cannot account for the time delays or wave propagation in the arterial 
tree. Several modifications have been made to the Windkessel model to correct for some of 
these inadequacies, (Cope, 1963; Goldwyn and Watt, 1967 and Roston, 1962). The most 
notable was the modified Windkessel which consists of two resistances in parallel with a 
capacitance. Unlike the original Windkessel model which can only simulate low frequency, the 
modified model can simulate both low as well as high frequency. 
Lumped parameter models are frcquendy represented as electrical analogs where 
pressure, flow, vascular resistance, compliance and inertia are expressed as voltage, current, 
electrical resistance, capacitance and inductance respectively. 
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Fry and coworkers (Fry, 1956 and 1959) were the first to use the similarities of 
electrical transmission line theory and the vascular system to model blood flow. This concept 
was later extended by Noodergraaf and coworkers (Noodergraaf et al., 1963). Each segment 
consisted of a resistor in series with an inductor representing viscous and inertial properties of 
blood respectively and a single capacitor mimicking wall behavior. The cardiovascular model 
was then built with these segments in the way transmission lines are modeled. Noodergraaf s 
model was later improved upon by incorporating osciUatory flow theory and employing a 
correction factor for the calculation of elements representing blood viscosity and inertia, 
(DePater et al., 1962). 
In later years, this model was fiuther improved upon by Westerhof (Westerhof et al., 
1969). The inertance or inductance of the arterial flow was computed using pulsatile flow 
theory for a short segment of an artery. Effect of elastic taper was also taken into account. 
The models belonging to category (b) were often constructed with specific and narrow 
objectives in mind. These models thus cannot incorporate all of the control aspects involved in 
cardiovascular regulation. This problem led to the development of another kind of models 
belonging to category (d). Long-term regulation of the cardiovascular system involves 
hormonal and fluid-electrolyte control. The credit goes to Guyton and coworkers, (Guyton et 
al., 1972) for developing the first long-term regulation model of the CVS. Guyton formulated 
a mathematical relation to balance the fluid uptake of the system with mean systemic arterial 
pressure. In this model, no use was made of hydraulic relations to relate fluid resistances to 
varying blood flow in the vascular bed. Furthermore, the nervous or hormonal control loops 
are not taken into account within the basic model. 
An objective of this project was to develop a model of the overall CVS along the lines 
of Guyton's model but with some distinguishing features which will be elucidated in a later 
chapter. 
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2.7 Review of existing lung fluid balance models 
Evaluating the mechanism of lung fluid balance is integral in the study of 
pathophysiology of pulmonary edema. Pulmonary edema is a common occurrence in adult 
respiratory distress syndrome (ARDS). Nearly 40 years ago it was established by Pattle 
(Pattle, 1955) and Qements (Clements, 1961) though independently, that on the basis of 
experimental evidence it can be concluded that surface tension of the alveolar lining layer 
contributes to the forces which determine transvascular water flux within the lung. Staubs 
(Staub, 1974) treatise effectively summarizes all of the factors involved in lung fluid balance. 
Weiner and coworkers (Weiner et al., 1983) can be regarded as pioneers in the area of 
mathematical modeling of pulmonary edema. In their model they integrated the various 
processes that affect fluid and protein transport in the lung. Their model was based on 
experimental data obtained from patients with fulminant pulmonary edema. Their model 
quantitatively estimated the differences between bulk-flow coefficients and protein diffusion 
coefficients for permeability edema and hemodynamic edema. This helped in achieving a better 
understanding of edemagenesis. 
Another significant contribution in this area was by Roa and coworkers, (Roa et al., 
1990). They developed a non-linear macroscopic mathematical model to quantitatively estimate 
the changes in pulmonary capillary dynamics in patients with bum injuries. 
On a microscopic level, the review by Lai-Fook (Lai-Fook, 1993) summarizes tiie 
influence of mechanical factors such as interstitial pressure, resistance and compliance which 
determine the movement of liquids within the lung interstitium. Interstitial pressure, resistance, 
and compliance are functions of the elastic properties of the lung parenchyma (parenchyma 
comprising the lung interstitium) and vessel wall. Solid continuum mechanics can be used to 
describe the behavior of the lung parenchyma, (Lai-Fook, 1981). 
In the field of gas exchange through edematous lung tissue, a mathematical model of 
transport of inert gas through edematous lung tissue was developed by Borovetz, (Borovetz, et 
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al., 1981). In their model, the lung tissue was modeled as parallel tissue layers comprising of 
an alveolar membrane, interstitial fluid layer, capillary membrane and blood. Their results 
demonstrated that the reduction in gas exchange which occurs in pulmonary edema is caused 
by fluid flow into the alveoli, rather than a diffusion deficit caused by a thickening of the 
alveolar-capillary barrier. 
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CHAPTER 3. MODEL DEVELOPMENT APPROACH 
It is an irrefutable fact that the human physiology is a very complex system. This has 
been aptly brought out in the earlier sections on the overview of the cardiopulmonary system 
and renal systems. The goal of this research project was to highlight the regulation and 
transport limitations in the cardiopulmonary system with the aid of suitable mathematical 
models. These mathematical models allow the overall behavior of the system to be investigated 
in a complete sense. The potential use of these models will be as heuristic tools, for advancing 
understanding of the system behavior and to predict the system performance under 
physiological conditions wherein experimental data are difficult to obtain; for example, in 
micro-gravity. 
This chapter presents the modeling methodology which forms the inherent backbone of 
the subsequent three chapters on model formulation. An excellent review of the generally 
adopted modeling methodology appears in the treatise by Leaning, (Leaning et al., 1983). As 
pointed out by Leaning, the development of a mathematical model of the human physiology 
involves a number of steps. These are outlined below: 
(1) Modeling objectives: This involves identification of the intended range of application of 
the model. This would help in setting certain model parameters, for example the time scale. 
(2) Background knowledge: This involves garnering information on: 
(a) Laws or theories which describe the system behavior. 
(b) Pre-existing models of the system in literature. 
(c) Experimental data available to predict the system behavior. 
(3) Model formulation: The system to be modeled is first of all broken down into a number of 
functional sub-systems. Subsequentiy mathematical relationships for each sub-system are 
formulated based on existing mathematical relationships, derived from experimental data or 
hypothesized by tiie researcher. It is imperative to mention here that in most cases 
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physiological systems are very complex and a number of assumptions have to be made to 
explain the physiological behavior in terms of existing physical laws. The last step in model 
formulation involves combining all the sub-models and examining their consistency and 
completeness. 
(4) Parameter identification: This refers to the determination of the parameters of the system 
by comparing the response of the model with that of the system under specified experimental 
conditions. 
(5) Model validation: This means checking whether the model satisfies the objectives for 
which it is intended. Validation is not performed solely as a final step in modeling but is an 
integral part of the overall process of model development. Consequently, there are several 
stages of validation: 
(a) Open loop validation: This involves testing of the uncontrolled (i.e. without any 
controllers) behavior of the model. The model behavior with changes in some of its controlling 
factors is observed and compared to existing physiological theory. 
(b) Closed loop validation: This involves testing of the controlled (i.e. with 
controllers) model behavior and comparing to available experimental data. 
(c) Parameter sensitivity analysis: The sensitivity of the model to many of its 
parameters is demonstrated. The aim of this is to check the stability of the model and to 
determine a subset of critical parameters. 
Figure 3.1 shows the interaction among the different model development steps. The arrows 
indicate the direction of information transfer. 
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Figure 3.1. The model development approach, adapted with sliglil modifications from Leaning (Leaning et al., 1983) 
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CHAPTER 4. DEVELOPMENT OF THE CARDIOVASCULAR MODEL 
4.1 Objectives of mcxlel development and distinguishing feamres of the model 
This chapter presents the development of a short-term regulatory model of the overall 
cardiovascular system (CVS), linked to an analytical model of the renal physiology. The 
human renal model has been previously developed (Doty, 1994). The objective of the 
cardiovascular model is to verify the hypotheses pertaining to physiological changes occurring 
in micro-gravity. This model has been developed for a supine subject. As mentioned in 
section 2.6, a detailed model of the CVS for long-term regulation was developed by Guyton 
and coworkers. Over the years Guyton's model with certain modifications (e.g. addition of leg 
vascular and tissue compartments and gravity-dependent circulatory elements) has been used 
by a number of investigators to predict the long-term effects of micro-gravity (White et al., 
1982; Srinivas et al., 1982 and Leonard et al., 1979). Short term responses to micro-gravity 
have been modeled using the afore mentioned Guyton's model by Leonard and coworkers 
(Leonard et al., 1979 ). Srinivas and associates (Srinivas et al., 1982) simulated short term 
responses to micro-gravity using Croston's model (Croston et al., 1974) which is a beat-to-
beat model of the closed cardiovascular system with no provision for regulation of urine 
output. 
The CVS model developed as a part of this project lacks the completeness of Guyton's 
model in that change in muscle and non muscle blood flow, red cell viscosity and sweat 
regulation have not been accounted for. This is valid since the present objective of this model 
is to demonstrate the changes occuring in the CVS in micro-gravity for a resting individual, 
(when there is no change in muscle and non-muscle blood flow, sweat rate, and red cell 
viscosity). Capillary membrane dynamics which is incorporated in Guyton's model has not 
been incorporated in our model. The reason for this omission is explained as follows. Due to 
hydrostatic and osmotic pressure differences fluid is filtered across the capillary wall into the 
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interstitial space. The fluid then enters the lymphatic system to be returned to the vascular 
system. It has been depicted that the interstitial fluid volume remains relatively constant up to a 
capillary pressure of 35 mm Hg (Guyton et al., 1975). For the physiological stresses studied 
by our model, the capillary pressures do not exceed 35 mm Hg. Hence it is safe to assume that 
the interstitial space fluid volume remains unchanged, which implies that the capillary filtration 
rate is equal to the lymph flow rate and the total circulating blood volume thus remains 
unchanged. 
The advantage of the model developed as a part of this research over Guyton's model, 
is that detailed hydraulic relations, which are absent in Guyton's model, were used to model 
pressure-flow relationships within the system. In this regard, to the best of our knowledge, 
this model is the first of its kind to have integrated a relatively detailed model of reflex control 
of cardiovascular regulation with a model of renal physiology, thus establishing the foundation 
for the development of a detailed model of long-term regulation of the CVS. 
For the purpose of modeling, the overall CVS can be represented as a feed back system 
consisting of two major blocks: a controlled system which consists of the heart and passive 
circulation to different parts of the body, and a controlling system which provides feed back 
control to change various circulatory parameters in response to stress changes. Figure 4.1.1 
shows the interactions between the two conceptual blocks of the CVS. 
The local circulation, i.e. the renal circulation, in turn determines the urine output. The 
urine output is also a fiinction of the total body fluid volume and levels of aldosterone and 
antidiuretic hormones in the plasma. Figure 4.1.2 shows the coupling of the CVS with the 
renal model. 
4.2 Assumptions 
Due to the complexity of the CVS, a number of assumptions were made to develop a 
mathematical model representing the functioning of the overall CVS. These assumptions are 
outlined below. 
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(1) In deriving the pressure-flow equations for the circulatory system, the following 
assumptions were made: 
(a) The Navier-Stokes equation to represent fluid motion in the vessels is linearized. 
(b) The blood vessels are assumed to be cylindrical in shape and of circular cross 
section. 
(c) Blood flow is laminar. 
(d) Inlet effects and peculiarities of flow at branching points are ignored. 
(e) The compliance of the arterial segments is linear, i.e. the pressure-volume 
relationship is considered to be linear for the entire pressure range considered. 
(2) A linear relation was used to relate central venous pressure to the pulmonary capillary 
wedge pressure, which is a good indication of left-ventricular filling pressure. This has been 
justified from experimental evidence (Mangano et al., 1980). 
(3) In deriving the mechanism of heart action the following assumptions were made: 
(a) The intrinsic control of heart pumping is governed by Starling's law. According to 
this law, stroke volume, Vsn-, is proportional to the final diastolic volume, Vj ,and inversely 
proportional to the arterial pressure, Pb, which counteracts ejection (Kappel et al., 1993): 
Vstr = S X ^ (4.2.1) 
Pb 
where S is the contractility of the ventricle, a measure of the strength of contraction. 
(b) The heart rate and contractility are related to each other by the Bowditch effect, 
which states that the contractilities are directly proportional to the heart rate. 
(4) In modeling baroreflex control several assumptions were made (Ursino et al., 1994): 
(a) The regulatory action of resistance, unstressed venous volume (i.e. the volume at 
zero pressure), and heart rate regulation consists of a series arrangement of two terms. The 
first term reproduces the non-linear state response of the baroreflex, which is sigmoid shaped 
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with a lower threshold and an upper saturation. The second term accounts for the time delay of 
the regulatory process. 
(b) The feed-back mechanism acting on the systemic venous compliance was simulated 
using a linear differential equation with a constant gain instead of a sigmoidal curve. This has 
been experimentally validated (Greene et al., 1986). 
4.3 Formulation of the model 
This section is divided into two subsections: 
4.3.1 Cardiovascular model: This consists of: 
4.3.1.1 Pressure-flow model 
4.3.1.2 Heart action model 
4.3.1.3 Baroreflex control model 
4.3.2 Renal model: This consists of: 
4.3.2.1 Kidney function model 
4.3.2.2 Hormonal system model 
4.3.2.3 Fluid volume regulation model. 
4.3.1 Cardiovascular model 
4.3.1.1 Pressure-flow model. A non-pulsatile pressure flow model with lumped 
parameters is adopted. This model deals with the hemodynamic aspects of circulation, hence 
only the relations for volume, pressure and flows are considered. This model computes steady 
state and slowly (order of seconds) changing responses and parameters (i.e. beat-to-beat 
changes are not accounted for). Beat-to-beat averaged blood pressures and flows are used. A 
27 segment model of the circulatory system is considered, as shown in Figure 4.3.1. The 
components of the arterial and venous segments are modeled as electrical analogs. 
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Figure 4.3.2 shows a typical arterial and venous segment. 
Typical equations for the n^ arterial segment are shown below: 
d p n  
f n - l  f n  C n  ^  
P n  - 1  P n  L  n 
dt 
' ^ f n - l  
^  +  R n X f n - 1  
(4.3.1) 
(4.3.2) 
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(a) artaial segment (b) venous segment 
Figure 4.3.2. Building blocks of the Pressure-Flow model, (a) Arterial segment, (b) Venous 
segment 
Since the flow in the venous segment has little pulsation, the inertance term in the arterial 
bed, which reflects local inertial force, was neglected. It is thus assumed that the compliance 
of the veins is made up of two parts, a stressed volume and an unstressed volume. 
Typical equations for an n'^ venous segment are shown below: 
f - f = C X 
^ n - 1  ^ n  n  dt 
P , - P = R X f 
n -1 n n n -1 
The total volume of the n* venous segment is given by: 
In ~ 'Inu 'Ins 
(4.3.3) 
(4.3.4) 
(4.3.5) 
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where qnu is the unstressed venous volume and qns is the stressed venous volume. 
= P„ X < 
The pressure drop across the arteriovenous or capillary segment is given by Poiseuille's law as 
the product of the inflow into that segment and the resistance of that segment. 
The numerical values of R, L and C of the various segments is given in Table 4.3.1. 
Table 4.3.1 Numerical values of R, L, and C used in the cardiovascular model 
Segment 
(corresponding segment 
number as shown in Figure 
4.3.1) 
R 
(mm Hg/ mi / sec) 
L 
X l(h3 (nmi Hg/ ml / 
sec2) 
C 
(ml / mm Hg) 
Ascending aorta (1) 0.04 a 0.22" 0.28 b 
Aortic arch (2) 0.03 X 10-3 b 0.43" 0.29 ^ 
Upper arms (3) 188.0 X 10-3 c 56.0= 0.08 c 
Head (4) 62.7 X 10-3 c 18.7"= 0.25 
Thoracic aorta (5) 0.9 X 10-3 b 3.8" 0.29 b 
Renal artery (6) 40.1 X 10-3 d 11.85" 0.002^1 
Abdominal aorta (7) 12.0 X 10-3 b 14.0" 0.21 b 
Intestinal artery (8) 1.4 X 10-3 b 0*
 
0.06 b 
Leg artery (9) 180.0 X 10-3 b 31.0" 0.2 b 
Leg vein (10) 300 X 10-3 b 4.8 b 
^ Value obtained fi-om Melchior's model (Melchior et al., 1994) 
^ Values obtained from Beneken's model (Beneken, 1965) 
^ Values obtained by adoption of Beneken's (Beneken, 1965) and Westerhof s models 
(Westerhof, 1969) 
Values obtained from Westerhof (Westerhof, 1969) 
^ Values approximated by assuming that the resistance distribution is proportional to flow rates 
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Table 4.3.1 (continued) 
Segment 
(corresponding segment 
number as shown in Figure 
4.3.1) 
R 
(mm Hg/ ml / sec) 
L 
xl(^3 (mmHg/ml/ 
sec^) 
C 
(ml / mm Hg) 
Intestinal vein (11) 166.0 X 10-3 b 10.60 b 
Abdominal vena cava (12) 21.4 X 10-3 e 5.82 e 
Renal vein (13) 315.0 X 10-3 e 5.58 e 
Inferior vena cava (14) 15.0 X 10-3 b 8.30 b 
Head vein (15) 301.0 X 10-3 c 7.05 
Upper arm vein (16) 904.0 X 10-3 c 2.35 c 
Superior Vena cava (17) 60.0 X 10-3 a 8.30 b 
Pulmonary vein (18) 7.0 X 10-3 b 18.40 
The resistance (Rn), inductance(Ln), and capacitance (Cn) of each segment can be related to its 
dimensions (Westerhof, 1969): 
R„ = ^ (4.3.6, 
s 
L„ = (4.3.7) 
S ( 2 n - 1 )  
3 7 t r ^ ( a + l ) ^  
= —^ (4.3.8) 
E(2a + 1) 
where, 
|X blood viscosity 
p blood density 
r radius of blood vessel 
S Kr 
h vessel wall thickness 
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a r/h 
E Young's modulus of the vessel wall 
n equal to 1,2 or 3 depending on vessel radius 
The capillary resistance values were computed assuming a steady-state value of cardiac 
output distribution, as shown in Figure 4.3.1, and a reasonable pressure drop. The steady-
state values are obtained from Martini (Martini, 1992). The numerical values for the capillary 
resistances are listed in Table 4.3.2. Table 4.3.2 also shows the comparison of the capillary 
resistance values used in this model to those obtained from another model in literature. 
Table 4.3.2 Numerical values of capillary resistances 
Sement (name corresponding 
to that in Figure 4.3.1) 
R (mm Hg/ ml / sec) 
(as computed in this model) 
R (mm Hg/ ml / sec) 
(from Beneken, 1965) 
Leg(RLV) 14.2 15.0 
Intestine (RI) 2.84 2.3 
Renal (RRC) 5.57 Not available 
Thoracic (RT) 11.96 Not available 
Coronary (RC) 28.4 Not available 
Upper Arms (RUP) 21.35 24.0 
Head (RCR) 7.12 8.00 
The central venous pressure 'CVP' is computed by applying the law of mass 
conservation to the blood volume in the body. Applying the mass conservation law to the 
blood volume yields: 
VTV = VU + VS ± Vi (4.3.9) 
where VTV is the total blood volume in the arterial and venous segments, (excluding the heart 
compartments). This value is set as 0.925 times the total blood volume 'Vx' (Beneken, 1965). 
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Vu is the total unstressed blood volume. This has two components, Vu,sv (unstressed blood 
volume in the venous segment) and (unstressed blood volume in the arterial and 
pulmonary segments). The normal state value of Vu is assumed to be 0.896 times Vxv and 
that of VUJ\P is assumed to be 30% of the total Vy. These values were obtained by iteration 
from our steady-state analysis and are comparable to values obtained in literature, (Vy is equal 
to 0.88 times Vxv and is 26% of total Vy (Beneken, 1965)). 
Vj is an input parameter, representing the amount of blood added to or removed from the 
system. 
Vs represents the stressed volume, which is the product of the pressure within the blood vessel 
and the compliance of the vessel. Vs has three components. A systemic venous component, 
Vvc. a systemic arterial component, V^l, and a pulmonary venous component, Vp. 
The systemic arterial component is given by: 
VAL = MSP X TOTCS (4.3.10) 
where TOTCS is the total systemic arterial compliance. 
MSP is the mean arterial pressure, which can be computed as: 
MSP = i p .  X (—(4.3.11) 
TOTCS 1= 1 
where Pj and Cj are the corresponding pressure and compUance of the arterial segment. The 
number 9 refers to the nine arterial segments as shown in Figure 4.3.1. 
The pulmonary venous component ,Vp, is given by: 
Vp = Ppulmo ^ Cpuimo (4.3.12) 
where Ppulmo and Cpuimo refers to the pressure and compHance of the pulmonary venous 
segment. The pulmonary venous pressure, Ppuimo> is assumed to be the same as the left 
ventricular filling pressure, in this model. 
The systemic venous component,Vvc. is given by: 
Vvc = CVP X CSV (4.3.13) 
66 
where CSV is the total systemic venous compliance and CVP is the central venous pressure. 
The CVP can be related to the left ventricular filling pressure by an empirical relation, which 
was obtained from the experimental data provided by Mangano for a normal person (Mangano 
et al., 1980). 
where Pvr (left ventricular filling pressure) and CVP are in nam Hg. 
On substituting Equations (4.3.10) through (4.3.14) into equation (4.3.9), a relation can be 
obtained where CVP is the only unknown variable. Pyr is obtained by the solution of the 
pressure-flow relations for each segment of the cardiovascular segment. 
4.3.1.2 Heart action model. In developing a model of the heart, it is treated as a whole 
organ which functions as a pump. The heart consists of two pumps, representing the right and 
left ventricles. The cardiac output is given by the product of the heart rate and stroke volume. 
Stroke volume is the volume of blood ejected with a single contraction of the left ventricle. 
Equation (4.2.1) can be modified for the left ventricle by setting Pb equal to Ps (the left 
ventricular output pressure) and for the right ventricle by setting Pb as Prv (the right ventricular 
output pressure). 
In order to derive a relationship between the left ventricular output and the arterial load, 
a simple Windkessel model of the arterial tree can be used. It consists of an arterial compliance 
and a lumped peripheral resistance. Despite its apparent simphcity, this lumped parameter 
description of the arterial tree has been used successfijlly by many investigators (Livnat et al., 
1981). Figure 4.3.3 shows the relationship between the left ventricular output and peripheral 
circulation. The relationship for the left ventricular output can be derived ft-om Figure 4.3.3 
as: 
CVP 1.126 X Pvr - 6.88 (4.3.14) 
d P s  ~ Ps ^ Q ^ (rs 
Rs X TOTCS TOTCS x Rg 
(4.3.15) 
dt 
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A similar approach is used to relate the right ventricular output pressure to the lumped 
pulmonary bed resistance, 'Rp': 
d P r v  _  -  P  rv (4.3.16) 
dt Rp X cp Cp 
where Cp is the pulmonary arterial compliance. According to Rothe (as quoted in Ursino et 
al., 1994) about 30% of the total human body compliance is provided by the pulmonary 
vessels. From the values chosen in our model, the total pulmonary compliance sums to 23.0 
ml / mm Hg. The contribution of the pulmonary arterial compliance is 20% (Ursino et al., 
1994). Thus, Cp is equal to 4.6 ml / mm Hg. The value of Rp is computed from our steady-
state analysis as 0.204 mm Hg/ (ml / sec). 
(a) 
Prv 
LEFT 
RIGHT 
VENTRICLE 
Figure 4.3.3 Model of the interaction of ventricular output with peripheral circulation , 
(a) Left ventricle, (b) Right ventricle. 
Quantitatively, the stroke volume is expressed as the difference between the end 
diastolic volume and the final systolic volume. Following Kappel's approach (Kappel et al., 
1993) assuming that during diastole the venous pressure acting on the ventricle is the sum of 
the viscous filling pressure and ventricle pressure, the following relation can be obtained to 
relate stroke volume (for both right and left ventricles) to ventricle filling pressure: 
S x C x  p v  x ( l  / C R ) x t d ^  
VETR = ^ (4.3.17) 
P a x ( l - . - ( l / C R ) x t d )  s x , - < l / C R ) x t d  
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whre td is the time of diastole. Assuming that the systolic time is 0.2 seconds (Grodins, 
1963), the diastolic time is given by: 
t d  =  —  -  0 . 2  ( 4 . 3 . 1 8 )  
H 
C is the ventricle compliance. The compliances of the left and right ventricles are set at 20 and 
50 ml / mm Hg, respectively (Kappel et al., 1993). 
R is the ventricle resistance. The ventricle resistances, Ri (left ventricle resistance) and Rr 
(right ventricle resistance) depend on the total peripheral resistance Rs as (Kappel et al., 1993): 
Rl = 1.0547 Rs -0.0008 (4.3.19) 
Rr = 0.1563 Rs + 0.0042 (4.3.20) 
Pa is the ventricular output pressure. It is equal to Ps for the left ventricle and Prv for the right 
ventricle. 
Pv is the venous pressure acting on the ventricle during diastole. In the case of the non­
pulsatile model, we can assume that Py is equal to the ventricle filling pressure. The filling 
pressure for the right ventricle is the same as the central venous pressure and the filling 
pressure for the left ventricle is the pulmonary segment venous pressure. 
S is the contractility of the ventricle; SLV for the left ventricle and SRV for the right. This can 
be related to the heart rate by the Bowditch effect: 
SLV = BCL X H (4.3.21) 
SRV = KR X H (4.3.22) 
where KL and KR, the proportionality constants, were computed from the steady-state 
computations as 41.96 and 8.248 mm Hg(sec), respectively. 
4.3.1.3 Baroreflex control model. Feed back regulatory actions act on the CVS in 
response to the stimulus of the baroreceptors located in the carotid sinus and aortic arch. The 
equations for the cardiovascular control are adapted from Ursino's model (Ursino et al., 1994). 
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(a) Control of peripheral arterial resistance: The baroreflex mechanism causes an increase in 
total peripheral resistance in response to a decrease in arterial pressure at the carotid sinus and 
aortic arch. This is represented as: 
^  ( - R S  +  g R )  ( 4 3  2 3 )  
dt x l  
where ^ >< " P... , 4 . 3  ,4, 
1 + exp((p^ - p^. ) / rl 
Rmax and Rmin represent the upper and lower saturation values of the total peripheral 
resistance, rl is a constant parameter related to the slope of the sigmoidal curve, and T1 is the 
time constant of the system. 
(b) Control of heart period: Heart period T, which is equal to the inverse of frequency, is 
lowered with the lowering of the pressure in the carotid sinus and aortic arch. This is 
represented as: 
dT (-T + oT) 
dt T2 
(4.3.25) 
where tfT = ^ " P^- (4,3.26) 
1 + exp((p^ - p^, )/r2) 
Tmax and Tmin are the upper and lower saturation values for heart period, r2 is related to the 
slope of the sigmoidal curve, and x2 is the time constant of the system. 
(c) Control of systemic unstressed venous volume: Reduction in arterial pressure causes a 
reduction in unstressed venous volume. The corresponding equations are: 
d Vu sv ( -  Vu sv + crV )  
"• (4.3.27) 
dt 1:3 
where aV = ^ " P^- ^ (4.3.28) 
1 + «P((P^ - P^., 
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where Vmax and Vmin represent the upper and lower saturation volumes for venous volumes, 
x3 is the time constant, and r3 is related to the central slope of the sigmoidal curve, 
(d) Control of systemic venous compliance: Lowering of the arterial pressure causes a 
moderate linear decrease in the systemic venous compliance. This is shown below: 
dCsv ^ t -(Csv - Csv.n) + G4x(p^ - )] 
dt T4 
where G4 and t 4 are the gain and time constants for regulation, respectively. The venous 
compliance of the individual segments are then adjusted accordingly. For example, the 
adjusted compliance of the nth segment C'n(new) is given by; 
I 
- ,4.3.30, 
n , ( n e w )  C s V (  o r i g i n a l )  
The values of rl, r2, r3 and r4 and T1, T2, t3 and T4 were obtained by comparing the 
hemodynamic output from the model to available experimental data (XJrsino et al., 1994). The 
values of these variables are listed in the nomenclature. 
The values of the upper and lower limits of the sigmoidal curves were obtained from 
our compuatation of steady-state values for Rs, T and Vu,sv- From the above equations, it is 
R + R • 
apparent that at steady state — E12. ^ and similar relations hold for T and 
Vu.sv- Knowing the steady state values, the maximum and minimum values were then 
assigned choosing the same ratio between the maximum and minimum values as chosen in 
Ursino's model (Ursino et al., 1994). The maximum and minimum values are listed in the 
nomenclature. 
4.3.2 Renal model 
This section presents the development of an analytical model of the overall renal and 
body fluid system. This model was adapted from a previous model of normal renal function in 
humans (Doty, 1994). 
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4.3.2.1 Kidney function model. In developing a model of kidney function, the 
kidneys are considered as one large nephron, and mathematical expressions are derived to 
represent the effects of kidney function on the processing of filtrate in the renal tubule and the 
eventual excretion of sodium and water in the urine. 
Glomerular function: The rate of formation of glomerular filtrate (GFR) in the 
Bowman's capsule is governed by two sets of opposing forces. The capillary hydrostatic 
pressure and the capsular oncotic pressure which force fluid into the capsular space while the 
plasma oncotic pressure and capsular hydrostatic pressure force fluid into the arterioles. Under 
normal physiological conditions, the latter three forces remain relatively constant, hence the 
GFR will predominantly depend on the renal arterial pressure (Prenal). The renal arterial 
pressure is computed from the pressure-flow model of the CVS as elucidated in section 4.3.1. 
The following relationship between Prenal (mni Hg) and GFR (ml / sec) has been derived 
(Uttamsingh et al., 1985): 
GFR = 0.0 (if20.0 > Prenal) (4.3.31a) 
GFR = (1.92 X Prenai " 38.4) / 60.0 (if 20.0 <PrenaI ^ 75.0) (4.3.3 lb) 
GFR = (-0.00808 X Prenal^ + 2.195 Prenal "13.6 ) / 60.0 
(if 75.0 <Prenal ^ 120.0 ) (4.3.3 Ic) 
GFR = (0.035 X Prenal + 129.2) / 60.0 (if Prenal > 120.0) (4.3.3 Id) 
It is known from physiology that due to renal autoregulation of GFR, the GFR remains 
relatively constant as Prenal rises above 90 mm Hg. Chemical analysis of the glomerulus 
filtration fluid, has shown that it is iso-osmotic and isotonic with protein free plasma. Thus, 
the rate of filtration of sodium into the proximal tubule 'FNA' is given by: 
FNA = GFR X (PNA x 0.001) (4.3.32) 
The factor 0.001 in the above equation converts GFR fi-om (ml / sec) to (lit / sec). 
Proximal tubule: Electrolytes are reabsorbed actively in this region. The rate of 
reabsorption of sodium is a function of 'GTB' or the glomerular-tubular balance. This fraction 
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is a function of sodium concentration in the plasma, since the concentration of sodium in the 
proximal tubule is nearly equal to the concentration in plasma: 
GTB = 5.815 - 0.037 x PNA (4.3.33) 
Thus, the rate of reabsorbtion of sodium, 'SPTR', and the consequent flow of sodium into the 
loop of Henle, 'SFLH' is given by: 
SPTR = GTB X FNA (4.3.34) 
SFLH = FNA - SPTR (4.3.35) 
The fraction of water load passively reabsorbed in the proximal tubule is equal to the fraction of 
sodium load reabsorbed. Hence, the rate of water reabsorbtion 'EPTR' and flow into the loop 
of Henle 'EFLH' is given by: 
EPTR = GTB X GFR (4.3.36) 
EFLH = GFR - EPTR (4.3.37) 
Loop of Henle: It has been physiologically verified that in this loop, the fraction of 
water load reabsorbed is a function of the transit time, while the fraction of sodium load 
reabsorbed remains constant, as the rate of flow of tubular fluid is varied. The following 
relationships have been obtained for the water reabsorbtion, 'ELHR', and sodium 
reabsorbtion, 'SLHR': 
EBLH = (-0.01 X EFLH x 60) + 0.65 (4.3.38a) 
ELHR = EBLH x EFLH (4.3.38b) 
SLHR = 0.8 X SFLH (4.3.39) 
Thus, the rates of flow of water 'EFDT' and sodium 'SFDT' into the distal tubules are given 
by: 
EFDT = EFLH - ELHR (4.3.40) 
SFDT = SFLH - SLHR (4.3.41) 
Distal and collecting tubules: In this region, the amount of water reabsorbed is 
controlled by antidiuretic hormone (ADH) and the sodium reabsorbtion by aldosterone, (ALD). 
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The following relationships for water reabsorbtion have been obtained (Uttamsingh et al., 
1985): 
EBDT =0.0 (if ADH< 0.765) (4.3.42a) 
EBDT = 0.383 ADH - 0.293 (if 0.765 < ADH < 3.0) (4.3.42b) 
EBDT = - 0.0383 ADH2 + 0.364 ADH + 0.109 (if 3.0 < ADH < 5.0) (4.3.42c) 
EBDT = 0.0012 ADH + 0.9653 (if ADH > 5.0) (4.3.42d) 
EDTR = EBDT x EFDT (4.3.43) 
Urine flow 'UFL' is given by: 
UFL = EFDT - EDTR (4.3.44) 
The corresponding relations for sodium reabsorption are (Uttamsingh et al., 1985): 
SDTR = 0.6 SFDT (if ALD < 0.0) (4.3.45a) 
SDTR = (0.003 ALD + 0.596) x SFDT (ifO.O< ALD < 85.0) (4.3.45b) 
SDTR = (0.00021 ALD + 0.833) x SFDT (if 85.0 < ALD < 800.0) (4.3.45c) 
SDTR = SFDT (4.3.46) 
Thus, the rate of excretion of sodium in the urine is given by: 
UNA = SFDT - SDTR (4.3.47) 
4.3.2.2 Hormonal systems. This model is concerned with the variation of hormone 
levels in the plasma. 
Control of ADH concentration: Plasma ADH is a fijnction of three factors: the rate of 
release of ADH from the pituitary in response to signals from the osmoreceptors and stretch 
receptors, the rate of clearance of ADH by the liver and kidneys, and the volume in which 
ADH is dispersed. 
The relations for the release of ADH as a function of sodium concentration and ECF 
volume are shown below. ADHSP, the rate dependency on sodium concentration, can be 
expressed as: 
ADHSP = 0.73 PNA- 103.43 (for PNA > 141.9) (4.3.48a) 
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ADHSP = 0.06 PNA -8.04 (for PNA < 141.9) (4.3.48b) 
The rate dependency on the increase of plasma volume is expressed as: 
ADHSV= 0.0 (forDWV>1.8) (4.3.49a) 
ADHSV = 0.15 - 0.083 DWV (for 1.8 > DWV > 1.0) (4.3.49b) 
ADHSV = 0.813 - 0.75 DWV (for 1.0 > DWV > -1.2) (4.3.49c) 
ADHSV = 1.71 (for-1.2>DWV) (4.3.49d) 
where DWV is the change in the volume of the ECF from its value at time t = 0, in liters: 
DWV = (ECF - (ECFatt = 0)) x 0.001 (4.3.50) 
Experimental evidence suggests that the signals of ADH release are additive (Johnson et al., as 
quoted in Uttamsingh et al., 1985). Thus, the signal for the release of ADH, 'ADHS', is given 
= ADHSV ^ ADHSP 
2 X 60 
The rale of clearance of ADH depends on the level of ADH in the plasma The clearance rate of 
a substance is a fictitious amount of blood completely cleared of the substance per unit time. 
Thus the rate of clearance of ADH, DADH, can be expressed as: 
DADH = 0.206 x (1000.0 / 60.0) (for ADH >4) (4.3.52a) 
DADH = (0.374 - 0.042 ADH) x (1000.0 / 60.0) (for ADH < 4) (4.3.52b) 
ADH is mainly confined to the plasma compartment. Normally blood is 55% plasma and 45% 
red blood cells (Martini, 1992). Thus the plasma volume 'VPL' is given by: 
VPL = 0.55 X VT (4.3.53) 
Hence, the rate of variation of ADH in the plasma is given by: 
dADH ^ (ADHS - 0.001 x ADH x DADH) 
dt VPL 
Control of aldosterone concentration: Aldosterone is the final component of the renin / 
angiotensin / aldosterone system. Its function is to provide feedback control on the rate of 
sodium and potassium excretion and thus, control the volumes of ECF and ICF. In the 
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absence of more explicit data, a linear relationship has been postulated to express the rate of 
release of renin, RS dependent on the load of sodium entering the distal tubule, SFDT: 
RS = 0.0163 X (1.0/60.0) - 0.0093 SFDT (4.3.55) 
The renin is removed from the circulation on passage through the liver. Assuming a constant 
hepatic blood flow, the rate of clearance of renin at steady state is found to be 0.135 liters per 
minute. Thus: 
^ ^ (RS - 0.135 X R X (1.0/60.0)) ^ 
Renin catalyzes the conversion of angiotensin to angiotensin I. Angiotensin I is then rapidly 
converted to angiotensin II by the enzymes located predominantly in the lung tissue. The rate 
of formation of angiotensin n can be expressed as: 
AS = 583.3 X R X (VPL/1000.0) x (1.0 / 60.0) (4.3.57) 
The steady-state rate of clearance of angiotensin n is found to be 4.04 liters per minute. 
Hence, ±e relation for the regulation of angiotensin II concentration in plasma is given by: 
dA AS - 4.04 X A X (1.0/60.0) 
IT = ^
The release of aldosterone from the adrenal cortex depends on the concentration of angiotensin 
n in the plasma. The relationship between the concentration of angiotensin n in the plasma and 
the rate of secretion of ALD can be expressed by a sigmoid shaped dose-response curve. This 
can be expressed as (Uttamsingh et al., 1985): 
ALSA = A/60.0 (for A <18.0) (4.3.59a) 
ALSA = (4.43 A - 61.7) / 60.0 (for 18.0 < A < 34.0) (4.3.59b) 
ALSA = (0.78 A + 62.5)/60.0 (for A > 34.0) (4.3.59c) 
On the basis of steady-state computation, the rate of clearance of ALD from plasma is 0.62 
liters per minute. Thus the relation for the concentration variation of ALD can be expressed as: 
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dALD ALSA - 0.62 x ALD x (1.0/60.0) 
Sodium balance: Sodium enters the ECF pool through the gut and leaves through the 
kidneys. The sodium concentration at any time, t, PNA(t) is given by: 
p ^ At X (ING - UNA) + PNA(t = 0) x ECF(t = 0) 
ECF(t) 
where PNA(t = 0) x ECF(t = 0) represents the total amount of sodium in the ECF at time t = 
0. ECF(t) represents the ECF volume at time t. The At in our model is chosen as 1 second. 
4.3.2.3 Fluid volume regulation model. This model accounts for the interaction of the 
renal model with the cardiovascular model by various mechanisms which are listed below: 
(a) The renal arterial pressure used in the determination of the GFR is determined from the 
cardiovascular model. 
(b) The angiotensin II concentration in the plasma affects the total peripheral resistance. This 
effect comes into play after a time lag of 2 minutes, following the introduction of any 
physiological stress (White et al., 1982). If the angiotensin II concentration in the plasma 
exceeds 27.0, the total peripheral resistance, Rs, is given by (Uttamsingh et al., 1985): 
12.2 + 5.44 X loginA 
= 16.67 
(c) The relationship between the ECF and the total blood volume, Vj, can be expressed as 
(Uttamsingh etal., 1985): 
Vt = 0.33 ECF (4.3.63) 
Assuming that active transport balances the transcellular transfer of sodium, the intracellular 
osmotic content remains unchanged. Thus, the volume of ECF is given by; 
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where W is the total water content in the body. The rate of change of water content in the body 
is given by: 
dW 
— = WD - UFL (4.3.65) 
dt 
TI is a total of the intra-cellular osmotic components, which is equal to 7805 mEq (Uttamsingh 
et al., 1985). TE is the total extra-cellular osmotic component. Assuming that the extra­
cellular osmotic component of potassium and other components remain unchanged at 75.0 and 
2343.0 mEq (Uttamsingh et al., 1985), TE is given by: 
TE = (ING - UNA) X At + 75.0 + 2343.0 (4.3.66) 
Knowing ECF by substituting Equation (4.3.66) into Equation (4.3.64), Vj can be found by 
substituting the obtained value of ECF in Equation (4.3.63). 
4.4 Model validation 
This section presents a validation of the overall model of the cardiovascular system, as 
described in the earlier section. The overall model was implemented using FORTRAN 77 and 
appropriate NAG routines for the solution of a system of ordinary differential equations. The 
program was then executed on a DEC work-station in the UNIX environment. 
Verification of the overall cardiovascular model was performed throughout the model 
development. A modular programming approach was chosen, such that each sub program was 
tested as it was developed, thus permitting a bottom-up model verification process. This 
culminated in the testing of the overall multiple model. The simulation results of verification of 
the sub-models during the development phase are not presented here, but the verification of the 
overall model at various levels, (e.g. open-loop and closed-loop) have been presented. 
4.4.1 Open-loop response 
This sub-section presents the results of the sensitivity analysis of the overall CVS, 
when the baroreflex loop is open, i.e. in the absence of controllers. Figure 4.4.1 shows the 
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resulting steady-state values of arterial pressure measured at the base of the aorta, Paorta' by 
individual variations (the other parameters are held constant at their nominal values) of heart 
rate, left ventricular contractility, SLV, and the total blood volume, Vy, about their nominal 
values. The Paorta varied linearly with heart rate, total blood volume and left ventricular 
contractility. The direction and magnitude of changes are consistent with observed 
hemodynamic responses, (such as those reviewed by Guyton (Guyton, 1981)). 
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Figure 4.4.1 Open-loop Panerial sensitivity to variation of cardiovascular parameters. 
4.4.2 Closed-loop response 
To gain a better understanding of the regulatory mechanisms, we compared the model 
response under imposed physiological stresses to available experimental data. The 
physiological stresses examined were, (a) acute hemorrhage corresponding to 10% blood loss 
and (b) effect of a water load. 
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(a) Hemorrhage: Figures 4.4.2 shows the time variation of Pgona for 10% blood loss. It is 
observed that with blood loss there is a corresponding fall in Paorta- Figure 4.4.3 shows a 
comparison of the time variation of Paorta with the impairment of the controllers responsible for 
the adjustment of the total peripheral resistance and heart rate. It is thus observed from Figure 
4.4.3 that these controllers play an integral role in cardiovascular control as the pressure drop is 
increased with the controller being impaired. Finally, to fiirther validate our model, we 
compared our model prediction of hemodynamic data measured after 1 minute of 10% blood 
loss with analogous data measured on healthy men (Skillman et al., 1971). Figure 4.4.4 
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Figure 4.4.3 Model predicted variation of Parterial with 10% blood loss with and without the 
impairment of the controller 
shows a comparison of experimental and model observations. It is observed that the percent 
change in arterial pressure predicted by the model is less than observed in vivo. According to 
theoretical predictions, the total peripheral resistance increases with the fall in arterial pressure. 
However, the corresponding increase in total peripheral resistance in vivo is less than that 
predicted by the model. The reason for this apparent contradiction is likely due to 
autoregulation. Apart from the neural control, a number of body segments, such as the brain, 
and the kidneys maintain a relatively constant flow rate. During blood loss, autoregulation acts 
antagonistically to the overall regulation. As the blood pressure falls, the arterioles in the 
autoregulated segments dilate, in order to raise the blood pressure. As a consequence, the 
resistance decreases. This mechanism of autoregulation has not been incorporated into our 
model. 
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(b) Effect of water load: Model validity was checked by comparing the change in urine flow 
rate with available experimental data for the ingestion of one liter of water. Water intake was 
simulated by assuming that the ingested water is absorbed from the gastro-intestinal tract at a 
constant rate of 3.3 liters per hour (Reeve and Guyton, 1967). Figure 4.4.5 shows the 
comparison of the time variation of urine flow, as computed firom the model, with available 
experimental data for ingestion of one liter of water (Baldes et al., 1934). It is observed that 
the general features of the simulated profile of urine flow rate is in accordance with the data of 
Baldes and coworkers. The observed differences in actual values could be attributed to the 
empirical relation used for computing GFR. Thus, the model is sufficiently valid to reproduce 
T—I—I I I—I I I I ' I I I I 1—I I I r 
• Model 
EI Experiment 
I I I I I I I I I I I I I I I I I I 
Arterial pressure at the base of Total peripheral resistance, 
the aorta, mm Hg (mm Hg/ (ml/sec)) 
Comparison of model predicted and experimentally determined values of 
Parterial and Rs measured after 1 minute after 10% blood loss 
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the features of response of the rate of flow of urine when a normal human is subjected to a 
water load stress. 
4.4.3 Parameter sensitivity analysis 
In order to check the stability of the model, we changed some hemodynamic parameters 
and observed the model output for the normal, controlled hemodynamic case. This is by far 
not an exhaustive search of critical controlling parameters of the model, but is presented as an 
example of this approach. The results are presented in Table 4.4.1. From our limited search, 
we can conclude that CLV or left ventricular contractility bears the greatest influence on 
cardiovascular hemodynamics, as compared to the other observed parameters. 
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Figure 4.4.5 Comparison of the model predicted time variation of urine flow after ingestion 
of one liter of water with available experimental data (Baldes et al., 1934) 
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Table 4.4.1 Results of sensitivity analysis on controlled hemodynamics submodel 
Parameter Normal value (p) Sensitivity coefficient Relative sensitivity 
A^Ap (AVX)/ (Ap/p) 
CLV (left ventricular 
contractility/complian- 20 (ml/mm Hg) 0.322 0.066 
ce) 
R1 (resistance of the 
ascending aorta) 0.04 (mm Hg / (ml/sec)) -11.88 -4.86 x10"^ 
GFR (the function to 
relate GFR with renal 2.08 (ml / sec) -0.118 -2.52 x lO'^ 
arterial pressure) 
X signifies the nominal value of Paona at steady state (equal to 97.45 mm Hg). 
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CHAPTER 5. DEVELOPMENT OF THE RESPIRATORY MODEL 
5.1 Objectives of model development and distinguishing features 
This section presents the development of a controlled model of the respiratory system. 
Apart from quantitatively estimating the regulatory aspects of the respiratory controllers, this 
model is also used to verify the hypotheses pertaining to respiratory changes which occur in 
micro-gravity. As mentioned in Chapter 2, no life-threatening changes occur in the respiratory 
system during micro-gravity. To the best of our knowledge, this could be the reason why no 
analytical models have been developed to predict the changes which occur in blood gas 
concentrations in the transition from normal gravity to micro-gravity. 
As elucidated in Chapter 2, a plethora of models of the overall respiratory system exists 
in the literature. However, the model developed as a part of this project possesses certain 
inherent features not seen in any of the earlier models. 
A number of models exist in the literature which account for diffusion limitations as 
well as for ventilation-perfusion inhomogeneity (Saidel, 1982; Vidal-Melo et al., 1993). 
However, to the best of our knowledge, this model is the first to have integrated diffusion 
limitation factors as well as ventilation-perfusion inhomogeneities with a comprehensive model 
of the overall respiratory control system. As pointed out earher under normal circumstances 
diffusion limitation does not have an influence on gas transfer in the lung, however diffusion 
limitation factors play a significant role in lungs of patients suffering from Adult Respiratory 
Distress Syndrome. 
The optimization models available in the literature have assumed constant resistances 
and compliances in computing the work done by the respiratory muscles. In this model, we 
have accounted for the non-linear variation of compliance of the abdomen and rib cage. This 
optimization model also includes a detailed model of the respiratory mechanics, which takes 
into account the individual contribution of the abdomen-diaphragm and the rib cage. This 
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feature was incorporated in order to account for the variation in the abdomen-diaphragm 
contribution with a transition to micro-gravity. 
A study of the effects of micro-gravity in physiology reveals that the pleural pressure 
distribution which exists in the lung of a vertical person in normal gravity vanishes in micro-
gravity. In order to account for this change, we have assumed a pleural pressure distribution in 
the lung of a person standing in normal gravity and have computed the lung alveolar volumes 
accordingly. This feature is absent in any models developed previously. 
For the purpose of modeling, the overall respiratoty system is likened to an engineering 
process in that it consists of a controlled system and a controlling system. The controlled 
system primarily consists of the lung, brain and other tissues lumped together. All the 
components are connected by circulating blood. A shunt is also provided to account for 
physiological dead space. The controlling system consists of several controllers. They are: 
(a) the peripheral and cerebral controllers'. These are chemoreceptive controllers which 
regulate the ventilation on the basis of pH and O2 and CO2 tension in the circulating blood. 
(b) the cerebral blood flow controller. This regulates the amount of blood circulating to the 
brain on the basis of arterial CO2 tension. 
(c) the ventilation regulator. This regulates the rate and amount of ventilation on the basis of 
the response of the chemoreceptors and the optimization of O2 required by the respiratory 
muscles for contraction during the inspiration phase. 
(d) the cardiac output controller. This regulates the cardiac output on the basis of arterial O2 
and CO2 tension. It also includes a neural component to regulate the cardiac output on the 
basis of the level of metabolic input. 
Figure 5.1.1 presents a schematic of the overall respiratory system. 
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shown m this model) 
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5.2 Assumptions made in the model development 
A number of simplifying assumptions have to be made in order to develop an analytical 
model. 
5.2.1 Assumptions made in the gas transport model 
(1) Influence of dead space is taken into account by partitioning the total ventilation into 
alveolar ventilation and dead-space ventilation. 
(2) In order to account for the ventilation-perfusion inhomogeneity, the lung is divided into 
three compartments, starting from the base of the lung. 
(3) In order to account for the mass transfer limitation across the alveolar-capillary barrier, the 
pulmonary capillary associated with each alveolar gas compartment is divided into N 
compartments in series, with pulmonary blood volume and diffiising capacity being equally 
divided among each compartment. Figure 5.2.1 shows the results from our simulation for a 
steady-state concentration profile along the length of the pulmonary capillary with N varying as 
2, 5, 10 and 20.. We observe that with N equal to 10 the concentration of O2 in the exiting 
blood from the lungs, which is a key factor, is same as that with N equal to 20. To optimize 
on the amount of computation time required while at the same time keeping accuracy under 
consideration, N = 10 was adopted in our model. 
(4) O2 and CO2 dissociation curves are the same for the arterial and venous blood and tissues. 
(5) Venous PO2 and PCO2 remain equal to the tissue reservoir PO2 and PCO2. This applies to 
the brain as well as to other tissue compartments. 
(6) Arterial PCO2 remains equal to alveolar PCO2 at all times. This is justified because of the 
greater solubility and diffusivity of CO2 as compared to O2. 
(7) Apart from the brain, the lumped tissues of the body are divided into two compartments; 
lumped tissues of the upper and lower parts of the body, above and below the thorax, 
respectively. This feature has been incorporated in order to account for the fluid shift which 
occurs during micro-gravity. 
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Figure 5.2.1 Capillary profile along the length of the capillary for N compartments in series, 
to simulate the compartments-in-series arrangement of the capillary 
compartment. 
(8) The pulmonary capillary blood volume for each zone is 25 ml, since the total pulmonary 
capillary blood volume is assumed to be 75 ml (Seagrave, 1971). 
(9) Phasic changes in alveolar and blood gas concentrations with each cycle are ignored. 
(10) The events of the respiratory cycle are ignored. Alveolar ventilation is modeled as a 
unidirectional stream of air between inspired air and expired air. Since the time frame in our 
focus is long term (order of seconds to minutes) respiratory changes during micro-gravity, it is 
not significant to ignore the events during inspiration and expiration. 
(11) Theoretically, the partial pressure of O2 in each of the puhnonary compartments is 
between the partial pressures of the entering and exiting blood, as followed in Warner and 
Seagrave's model (Warner and Seagrave, 1970). Since the volume of each pulmonary 
compartment is smaller than that in Wamer's model, we have assumed that the partial pressure 
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of gas in each of the pulmonary compartments is the same as that of the partial pressure in the 
blood exiting the compartments. In other words, each compartment is regarded as a perfectly 
stirred compartment. 
(12) Atmospheric pressure is assumed to be 760 mm Hg. 
(13) The temperature dependence of the 02 dissociation curve is not accounted for, since 
thermoregulation is not the focus of this model. 
(14) The respiratory quotient is assumed to be 0.8 
(15) The basal metabolic rates, as used in our model, are for a 70 kg adult man (in ml 
STP/sec) 
From the hterature the brain CO2 production is 0.003 liters 100 gm*' minute"' and the 
weight of a normal brain is around 1400 gm (Martini, 1992). Hence, total brain CO2 
production is 0.042 liters minute*'. Using the value of 0.8 as the respiratory quotient, the 
basal metabolic rate of O2 consumption in the brain is 0.875 ml second"'. 
Thus, the basal metabolic rates of O2 consumption adopted in our model are: 
MLTC)2 (metabolic rate of O2 consumption in the lower tissue) = 0.9885 ml second"' 
MUPTO2 (metabolic rate of O2 consumption in the upper tissue) = 2.3065 ml second"' 
MBTC)2 (metabolic rate of O2 consumption in the brain) = 0.875 ml second"' 
Hence, the total rate of O2 consumption is 250 ml minute"'. This is in accordance with the 
basal rate of O2 consumption for a 70 kg standard man (Seagrave, 1971). 
The metabolic rate of CO2 production is given by R times the rate of O2 consumption, where R 
is the respiratory quotient. 
(16) At the start of the simulation we assume an overall ventilation and perfusion distribution 
which gives the physiologically appropriate O2 and CO2 concentrations in the blood for steady 
state conditions. The O2 and CO2 concentrations were obtained by solving for the steady state 
conditions. 
90 
(17) For the normal case, the percentage of oxygen in inspired air is 21% and percentage of 
carbon dioxide is 0.04%. 
(18) Equivalent gas storage space of the upper tissue compartment is adopted as 28 liters and 
that of the lower tissue compartment as 12 liters (Doty, 1994). The gas storage capacity for the 
brain is set at 1.1 liters (Fincham et al., 1983). 
(19) Blood distribution to the two tissue compartments is proportional to their respective gas 
storage spaces. 
(20) The blood-tissue partition coefficients for O2 and CO2 are assumed to be 0.024 and 0.57 
respectively. 
(21) The limitation imposed in the model for the maximum allowable concentration of CO2 in 
the blood reaching the lungs is 0.6. This value is equivalent to maximal venous CO2 partial 
pressure of 67 mm Hg (Lamb, 1978). 
5.2.2 Assumptions made in the respiratorv control model 
(1) The blood flow rate is regarded as invariant, during the time increments of one second, as 
considered in our model. 
(2) The lag time in reaching the carotid body is assumed to be insignificant. 
(3) Discrete delays were considered in computing the delay encountered by the blood in 
traversing the distance to and from the lungs and the rest of the body. 
5.2.3 Assumptions made in the respiratorv mechanics model 
(1) Inspiration is considered to be active and expiration is considered to be passive. Hence our 
model can be used to study only resting states and very low levels of exercise. 
(2) A linear variation of surface tension with time from 5 to 40 dynes / cm, during the 
inspiration phase was assumed. 
(3) Partitioning of pulmonary resistance into airway resistance and lung tissue resistance was 
not taken into account. A constant value for the resistance was assumed to be 2.4 cm H2O/ 
liter/ second (Campbell et al., 1970) 
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(4) The inertial forces due to turbulence in the airways have been ignored under the 
assumption that air flow rates, as encountered in our situation, are not high enough to cause 
significant turbulence. 
(5) According to West (West, 1972) pleural pressure varies from -2.5 cm H2O at the base of 
the lung to -10 cm H2O at the top of the lung. Accordingly, we have assumed a pleural 
pressure distribution of -3, -6 and -9 cm H2O in the three zones of the lung, starting at the base 
of the lung. 
5.3 Formulation of the model 
This section deals with the relations used in the mathematical representation of the 
respiratory model. 
5.3.1 Development of the gas transport model 
Mass balance relations in the lung for the various components in the lungs are derived below. 
For O2, in the jth alveolar compartment: 
dY°"^ 10 
VALj-|^ = (VAj X - VEj X .) - k x , Z ^ Di02j 
(5.3.1) 
where k,wiiich equals 1.16, is the factor which converts the entering air to standard 
temperature and pressure, since the metabolic rates are in terms of standard temperature and 
pressure. 
VALJ alveolar volume of the jth compartment, in mi. In our model j varies from 1 - 3. 
V/^j-and VEj represent the flow rate of air entering and exiting compartment], in ml, 
respectively. 
^ 0 2 ^ 0 2  •  c o n c e n t r a t i o n  o f  O 2  i n  t h e  i n c o m i n g  a n d  o u t g o i n g  a i r ,  
respectively. 
Di02 j overall diffusivity of the ith compartment. 
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10 signifies the 10 compartments in series. 
.and 2 are the partial pressures of O2 in the alveolar compartment and ith blood 
compartment respectively, in mm Hg. 
The mass balance relation in the ith blood compartment of the pulmonary capillary associated 
with the jth alveolar compartment is expressed as: 
dC^2i 
VBi = QAJ X (Cj,-] - ^ Di02j >< " Pjjjj) <5.3.2) 
where c! is related to . by the Ch dissociation curve. 
^02j  ^02j  ^ 
Vgi is the blood volume of the ith compartment, in ml. 
Q^j is the cardiac output associated with the jth alveolar compartment, in ml. 
CQ~ jand Cq2 j ^ ^2 concentrations in the blood entering and leaving the ith blood 
compartment, (which is associated with the jth alveolar compartment), respectively. 
Where the diffusivity is defined as: 
(DoveraU^ ^ Q  ,  
Q 
Di02j = (5-3.3) 
where Doverall is the overall lung diffusivity in ml / sec / mm Hg. 
Q is the total cardiac output going to the lungs, in ml, and N is equal to number of 
compartments in series, which in this case is equal to 10. 
V3i is the volume of each pulmonary capillary blood compartment, given as: 
VBj 
VBi = (5.3.4) 
where VBj is pulmonary capillary blood volume associated with the jth alveolar 
compartment. 
The partial pressure of O2 in the alveolar compartment is given as: 
P^j = Y°"^jX(Patm-''7) (5.3.5) 
93 
assuming that the partial pressure of water vapor is 47 mm Hg and Patm is the atmospheric 
pressure. 
The mass balance for CO2 is defined as: 
dY°"^ 
VALj —^ = ( VAj x " VEj x ^Aj >< <C^02 " Cc02j' 
(5.3.6) 
where Y^Q2 ^C02 " ^ concentrations of CO2 in the incoming and outgoing air 
from the alveolar compartment j, respectively. 
is the venous CO2 concentration 
^C02 
^CO 2 concentration in the blood in the pulmonary capillary associated with the jth 
alveolar compartment. 
The flow rate of gas exiting from each zone,'VEJ'. is given by: 
(1 — ~ ) 
VEj = VAj X — (5.3.7) 
J J ( - l y O U t  _„out >. 
*C02j ^02j^ 
where YQ2 ^C02^^ concentrations of O2 and CO2 in the incoming air, 
respectively. 
The overall O2 concentration in the arterial blood leaving the lungs is given by: 
.VC^2j>' '3Aj> + QA>«'XC^2 
= J— (5.3.8) 
^02 Q 
where is the O2 concentration in the blood leaving the pulmonary capillary associated 
02j 
with the jth alveolar compartment. 
a is the shunt fraction. 
is the O2 concentration in the venous blood entering the lungs. 
An equation similar to Equation (5.3.8) can be derived for arterial CO2 concentration. 
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The mass balance relations for the tissues (both upper and lower) and the brain are based on 
similar principles. 
For example, the mass balances in the upper tissue for oxygen is: 
dcUPT 
>•02 XVYPJ.—^=QUPT.X(C°^-C^)-MUPT02 (5-3.9) 
where partition coefficient for oxygen 
VupT equivalent gas storage space m the upper tissue compartment 
is the concentration of C)2 in the blood leaving the tissue 
Qupt is the amount of blood reaching the tissue 
CQ 2 is the delayed O2 concentration reaching the tissue. 
MUPTO2 is the metabolic rate of O2 consumption in the tissue. 
The mass balance for carbon dioxide in the upper tissue compartment is: 
dc^PT 
Pn9 nT TTPT 
k:02 XVUPT—^ = QuFr><(CcQ2-C^02) + MUPTC02 (5.3.10) 
where 2 is the partition coefficient for CO2. 
is the CO2 concentration in the blood leaving the tissue 
^CO 2 delayed CO2 concentration in the blood entering the tissue 
MUPTCO9 is the metabolic rate of CO2 production in the tissue 
Similar relations can be obtained for the lower tissue and brain. 
The gas concentrations in the venous blood reaching the lungs is given by: 
V CI^xQUPT^CB'^xQbt ^ C^TxQLT 
02 + + 
^ C^^2^QlT 
C02 (QT'^QBT"''QLT^ 
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where CQ2 ^C02 ^ venous blood Oj and CO2 concentrations respectively. 
Qgrp and Qlx ^ blood flow rate to the brain and lower tissue respectively. 
^02 ^02 ^ ^ concentrations in the blood leaving the brain and lower tissue 
respectively. 
The x's, which are the lag times in transit to and from the lungs and the rest of the body,are 
given in seconds (Grodins, 1967): 
1.062 0.735 
XTISSUE X 0.001) " ^ ( Q y X  0.001) 
1.062 0.015 
X RR AIN — (5.3.14) 
^ BRAIN (Qx 0.001) (QG^X 0.001) 
2.94 0.188 T_„„_ = H (5.3.15) 
^TISSUE (Q^X 0.001) (Q X0.001) 
0.06 0.188 
x__.txt  ~ (5.3.16) 
••BRAIN ( Q g ^ x O . O O l )  ( Q  x O . O O l )  
In equations (5.3.13) through (5.3.16) the numerator represents the volume of the vascular 
segments (in liters) through which the blood is flowing. Here the two tissue compartments are 
lumped together in order to ascertain the delay. QT represents the total blood flow rate to the 
two tissue compartments. 
5.3.2 Blood gas relationships 
The dissociation equations are used to relate the O2 and CO2 concenOration in the 
pulmonary-capillary blood to the partial pressure in the alveolar gas. The expression for O2 
dissociation curve was adopted from Visser (Visser et al., 1959), neglecting the amount 
physically dissolved in the plasma, since it is on the order of l(^5. 
The percentage of O2 saturation of the hemoglobin, S02. is given by; 
S02 = (l-exp(-0.046xp<„))^ (5.3.17) 
where P02 is the equivalent partial pressure of O2, in mm Hg. 
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The correspondmg concentration of O2 in the blood, C02. is given by; 
Co2 = 0.2XSO2 (5.3.18) 
To estimate the equivalent partial pressure of O2, given the O2 concentration, we approximated 
the 'S' shaped O2 dissociation curve by two exponential relations: 
P02 = 8.4137 EXP( I1.335X C02) (if Co2^ 0.1875) (5.3.19a) 
P02 = 0.00085682 EXP(59.65x C02) (if Co2> 0.1875) (5.3.19b) 
The change in CO2 content of blood when hemoglobin is oxygenated or reduced is known as 
the 'Haldane effect'. A linear form of the CO2 dissociation curve is adopted (Visser, 1960): 
Cc02 = 0.3478 + 0.0045 x Pco2 - 0.065x So2 (5.3.20) 
where Cco2 is the total concentration of CO2 in the blood and Pco2 is the equivalent partial 
pressure of CO2. 
5.3.3 Development of the controller model 
The pulmonary response is not a linear system. It has two components: 
(a) a steady-state response 
(b) a transient response. This is more pertinent for regulation of minute ventilation during 
exercise 
In the development of the model of the peripheral and cerebral controllers, we adapted 
Duffin's approach (Duffin, 1972). Peripheral controllers were modeled to respond to both 
CO2 and hypoxia. The cerebral controllers are sensitive only to CO2. The basis of the 
controller equations is the rectangular hyperbolic stimulus response curve as used in 
pharmacokinetic models. The rectangular hyperbola is used to simulate the dose response 
characteristics when a drug is administered to a muscle tissue. The response of the 
chemoreceptors to blood gas tensions is brought about by the firing of the individual nerve 
units which comprise the chemoreceptor. The response can thus be likened to a muscle dose-
response. 
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Peripheral controller: The relationship between arterial gas tensions, i.e. partial 
pressure of O2 P02 partial pressure of CO2, Pcoi > the change in total ventilation 
brought about by the peripheral controller, can be expressed as: 
DELVl = ~ ^ P^co2 (5.3.21) 
[Pc02 ~ P^COT} P^C02 
where DELV1 is the change in total ventilation brought about by the peripheral controllers 
under hypercapnic conditions. 
pTco2 is the threshold value of arterial CO2 tension = 41.0 mm Hg. 
pMco2 is the maximum ventilation that CO2 can produce via the peripheral chemoreceptors. 
pKco2 is the level of [Pco2 ~ which produces half the maximum ventilatory response 
(equal to 70 nmi Hg). 
The effect of O2 on the peripheral chemoreceptor response can be regarded as a non­
competitive antagonism, since O2 interferes with the release of transmitter rather than 
competing with it for the occupation of the receptor sites. This is in accordance with the 
hypothesis as proposed by Neil (Neil, 1951). The dependence of on Pqj can be 
expressed as: 
(5.3.22) 
\."02 ~ 1 021'^ A. 02 
where pM^-Q^iO) is the maximum theoretical equivalent ventilation rate, equivalent to 2220 lit 
/min, that CO2 can produce via the peripheral chemoreceptor when Pq2 is at or below the value 
of To2 where O2 has no antagonistic effect on the response to CO2. 
To2 is the threshold level, equivalent to 25 nam Hg, for arterial O2 tension. 
M02 is the maximum reduction in pAfco2' equivalent to 2220 lit / min,.that O2 can produce. 
Ko2 is the level of [P02 ~ Toil, equivalent to2.5 mm Hg, which produces a reduction in 
pMco2 equal to half the maximum possible reduction in M02 • 
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The cerebral controllers: The relation for ventilatory response to brain arterial blood 
CO2 tension by the cerebral controllers can be expressed as: 
where DELV2 is the ventilatory response in total ventilation to CO2 mediated by cerebral 
chemoreceptors 
cTcoi is the threshold level of CO2 tension in brain arterial blood, equivalent to 41 mm Hg, 
below which there is no response. 
cMco2 is the maximum theoretical ventilation rate that CO2 can produce, via the central 
chemoreceptor, equivalent to 115 lit/min. 
cKcoi is the level of [Pcoi~ cTcoi]i equivalent to 70 mm Hg, which produces half the 
maximum ventilatory response. 
Cerebral blood flow controller: CO2 is known to be a prominent factor in cerebral 
circulatory control. An increase in Pcoi produces vasodilatation of cerebral vasculature while 
reduction produces vaso-constriction, (Gibbs et al., 1935, as quoted in Reivich et al., 1967). 
Experimental data relating cerebral blood flow to arterial CO2 tension were obtained from 
Reivich (Reivich, 1964).). The plot of cerebral blood flow vs. /'co2 (Figure 3, Reivich, 
1967) is like a rectangular hyperbola. The expression relating cerebral blood flow to Pco2 
be expressed as: 
where CBF is the cerebral blood flow (in ml / min. / lOOg of brain tissue), and the mass of 
brain tissue is set at 1400 gm (Martini, 1992). 
Cardiac output controller. The cardiac output is a function of arterial O2 and CO2 
tension. During anoxemia there is a progressive increase in cardiac output which arises mainly 
DELV2= lPc02 ~ cTcoz] X CMC02 
[Pc02 ~ cTC02] + CKC02 
(5.3.23) 
no2X 109.23 
f»^02 +42.86 
(5.3.24) 
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due to the increase in pulse rate. Experimental data (Scarborough et al., 1951) indicate that 
there is essentially a linear relationship between cardiac output and arterial O2 saturation. We 
fit a straight line to the available data and the corresponding relationship between 2 and 
cardiac output can be expressed as: 
% change in C.O = 87.39 - 1.14 x pgj (5.3.25) 
DEL1C0= (^^^^^^^^^^^^)xC.O(O) (5.3.26) 
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where C.O (O) is the initial steady state value of C.O and where 40 < - 95. 
DEL I CO is the absolute change in C.O from the steady state value in lit / sec. 
The importance of pH and Pcoz in the control of circulatory homeostasis has been verified 
(Sechzeret al., 1960). For example, systemic hypertension accompanies acutely induced 
hypercapnia and hypotension. Further, disorders of acid-base equilibrium occur in pathologic 
cases where the circulation is disorderly. The expression relating cardiac output to Pcoi -
when 41< P2:o2 - 60.0 (in mm Hg) is given by (Grodins, 1967): 
DEL2C0 = 0.3 x(p^02 "42.8) (5.3.27) 
where DEL2CO is the change in cardiac output in lit / min. 
The net change in cardiac output is the summation of DEL ICO and DEL2C0. 
Ventilation regulator: The initial value of basal ventilation at time t=0 is computed as a 
function of cardiac output in accordance with the cardio-dynamic hypothesis which says that 
there is a close synchronization between cardiac output and alveolar ventilation. 
VA(1) =0.86 XC.O (5.3.28) 
where C.O is the cardiac output which is a function of the metabolic rate and which in turn sets 
the oxygen demand. Thus, basal alveolar ventilation at time t=0 is a function of the metabolic 
oxygen consumption. 
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The factor 0.86 was chosen to correspond with the normal VA / Q ratio at rest. 
The hypoxic ventilatory drive was modeled according to the relation as suggested by Weil, 
(Weil et al., 1970); 
CHEMV =MX + (5.3.29) 
(/'S2-32) 
where MX was computed as 
MX =(VE(l)x0.06) ^ (5.3.30) 
iPo2 ~ 32) 
where CHEMV is the hypoxic ventilatory component in lit/min 
VE(1) is the initial value of basal total ventilation in lit / min 
The total ventilation at any time t, VE(t), is then defined as: 
VE(t) = CHEMV + (DEL VI + DELV2)x 16.67 (5.3.31) 
The net alveolar ventilation at any time t, VA(t), is the difference between the total ventilation 
and the dead space ventilation. This is given as: 
VA(t) = VE(t) - VD X FREQ (5.3.32) 
where VD is total dead space volume and is the frequency of respiration. 
A is a constant = 180.2. This value of A was chosen to closely simulate the hypoxic 
ventilatory component as calculated from experimental observations (Weil et al., 1970). 
Regulation of VA /Q: To simulate the lung as in a normal standing man, the lung has 
been divided into 3 compartments. At the onset of simulation, the ventilation and perfusion to 
each compartment is specified, such that both ventilation and perfusion decrease from the 
bottom to the top of the lung and the VA /Q ratio increases from the bottom to the top. For 
subsequent time intervals, as the ventilation and perfusion changes, the ventilation and 
perfusion to the lower and middle compartments are monitored such that the original VA/Q 
ratio is maintained. For the top compartment the ventilation and perfusion are computed by 
simple mass balances: 
VA (t) = £VAi (5.3.33) 
i=l 
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3 
Q = iQAi (5.3.34) 
where VAi and QAi indicate the ventilation and perfiision to each compartment, respectively. 
Dependence on exercise: The neurogenic component of the cardiac output controller, 
which is a function of the metabolic rate of total CO2 production, can be expressed as a linear 
relation: 
C.O is the cardiac output in ml / min. 
The slope of this linear relation was adopted from a similar cardiac output vs. MCO2 relation as 
predicted by Yamamoto (Yamamoto, 1978). The value of the intercept was evaluated 
assuming a basal cardiac output of 83.3 ml / sec (as predicted in the cardiovascular model), and 
basal metabolic rates as chosen in our model. MCO2 is the metabolic rate of CO2 production in 
ml (STP) / min. 
There is a concomitant increase in alveolar ventilation as cardiac output and ventilation 
are coupled according to the cardio-dynamic hypothesis. In our model, the initial increase in 
ventilation at the onset of exercise is proportional to the increment in cardiac output as shown in 
Equation (5.3.28). 
The total cardiac output then at any time t is given by: 
Q = QA(1) + DELICO + DEL2C0 (5.3.36) 
where QA( 1) is the cardiac output at time t=0. 
5.3.4 Model of respiratorv mechanics 
The amount of air delivered to and from the lungs in response to the stimuli from the central 
nervous system is a result of the mechanical properties and action of the respiratory system. 
We follow Otis' approach (Otis, 1950) in assuming that the velocity pattern of inspiration can 
be described by a sine wave given by: 
C.O = 3817 +5.9 X MCO2 (5.3.35) 
V = ax Sinbt (5.3.37) 
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where 
Vis the velocity of air flow in ml/sec 
a is the maximal velocity in ml/sec 
b = 2jtf where f is the frequency of breathing in sec-1. 
Our aim is to find an optimal combination of a and f which will minimize the total work done 
by the respiratory muscles during the inspiration process. 
The time of one breath (Ti) is: 
Ti = j  (5.3.38) 
Hence the average air flow rate during one breath (AVG) is: 
1 a 
AVG = -x J (a5m2;^)rfr = - (5.3.39) 
/ 0 ^ 
Tidal volume is the amount of air flowing in one cycle. Tidal volume (VJID) is given by; 
VTiD = TiXAVG (5.3.40) 
We follow Gray's approach (Gray et al., 1956) in relating dead space and tidal volume. Thus, 
dead space Vp, is given by: 
Vd = 1.385 X 10" + 0-023 X (5.3.41) 
where VQ is the total dead space volume of the lung, in ml. 
VTBD is the tidal volume in ml. 
The pleural pressure can be related to the lung volume at FRC by (Jodat, 1966): 
ABS (Ppi) = ^ (5.3.42) 
where Ppi is the pleural pressure in cm H2O, Vy is the lung volume of compartment j, 
(including the dead space), in liters, and CI is the static compliance of the lung. The value of 
CI has been assumed to be 0.2 liters/ cm H2O. 
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Assuming that the dead space associated with each compartment is proportional to its volume, 
the dead space 'Vdj' of each zone is given by: 
Vdj = X Vd (5.3.43) 
i v,j 
i = I 
The corresponding alveolar volume of the jth compartment 'VALJ- is then given by: 
VALj = V,j - Vdj 
The total alveolar ventilation (VA), is then given by: 
VA = AVG-VDX— (5.3.44) 
Ti 
The value of alveolar ventilation is determined by the action of the peripheral and cerebral 
controllers. Substituting the value of VA, AVG and VD in Equation (5.3.44), a linear relation 
between a and f is obtained. This serves as a constraint equation in the minimization of work 
done by the inspiratory muscles during inspiration. Work is done by the inspiratory muscles to 
overcome the following forces: 
(1) elastic, gravitational, and surface forces which can be grouped together as elastic forces. 
(2) flow resistive forces. 
(3) inertial forces, which are negligible except at high levels of ventilation (Campbell et al., 
1970). 
The elastic pressure, Pg, in cm H2O, can be defined as: 
PE = KXV + PST (5.3.45) 
where K is the elastance of the chest-lung system 
V is the additional lung volume above the PRC 
PsT is the pressure due to the surface tension of the alveolar lining 
The elastance is the reciprocal of the chest wall compliance, which is the ratio of the change in 
lung volume to the change in transthoracic pressure. 
104 
The chest wall compliance is a function of the rib cage compliance and the abdomen-diaphragm 
compliance. The relation can be expressed as (Ben-Haim et al., 1989): 
Ccw = ^ Crc Cabd (5.3.46) 
where Ccw is the chest wall compliance 
Crc is the rib cage compliance 
Cabd is the abdomen-diaphragm compliance 
0 indicates the displacement of the diaphragm. It is defined as the ratio of the projected 
surface area of the lung-apposed rib cage and the diaphragm-apposed rib cage. The resting 
equilibrium value of this factor is 0.8 (Ben-Haim et al., 1990). 
It has been shown experimentally, that the pressure volume relationships of the lung and thorax 
are non-linear functions of lung volume (Butler, 1957). The following expressions were 
obtained by fitting appropriate polynomial expressions to available experimental data from 
Campbell (Campbell, 1970): 
PABD = -34.463 -H 24.495 x VABD" 3.405 x VABD^ (5.3.47) 
PRC = -34.527 -I- 51.951 x VRC -14.23 x VRC" (5.3.48) 
where PABD IS the pressure experienced by the abdomen-diaphragm in cm H2O. 
PRC is the pressure experienced by the rib cage in cm H2O. 
VABD is the volume of the abdomen in liters 
Vrc is the volume of the rib cage in liters. 
Under static conditions, approximately 74% of the lung volume change is due to the change in 
the volume of the abdomen-diaphragm, and the remaining 26% is due to a change in the 
volume of the rib cage (Jackson et al., 1972). Hence we assume that: 
VABD = 0.74 X (FRC + increase in lung volume above FRC during inspiration) (5.3.49) 
VRC = 0.24 X (FRC + increase in lung volume above FRC during inspiration) (5.3.50) 
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The expressions for volume compliance (dV/dP), for the abdomen-diaphragm and rib cage can 
be obtained from Equations (5.3.49) and (5.3.50), respectively: 
Cabd = 0.138+ 0.004 X PABD (5.3.51) 
CRC = 0.085 + 0.0028 x PRC (5.3.52) 
The chest wall compliance can be found by substituting the above two equations in Equation 
(5.3.46). 
The surface forces arise due to the presence of the surfactant lining. The magnitude of the 
surface forces is given by Laplace's law as: 
PsT = ^-^xl.02E-3 (5.3.53) 
where r is the radius of an alveolus. 
y is the surface tension and the factor 1.02E-3 expresses PST in cm H2O. 
The total number of alveoli in the lung is taken to be 3.5 x lO^. This number is found from the 
results of Brown (Brown et al., 1959), for a normal adult weighing 70 kg. The alveoli are 
assumed to be perfect spheres. The total volume of an individual alveolus is found by dividing 
the entire volume of the lung, including the PRC, by the number of alveolar units. 
In vivo the surface tension of the alveolar lining follows a hysteresis curve with inflation and 
deflation of the lung. On inflation, the surface tension rises rapidly at first and then remains 
constant at an upper limiting value of 40 dynes / cm. On deflation, the surface tension falls 
rapidly at first but then more gradually to a lower limit of 5 dynes / cm (Brown et al., 1959). 
In accordance with our assumption of linear variation of surface tension, the following 
equation was obtained: 
Y =-313.1 +3.531 XPA (5.3.54) 
where y is the surface tension in dynes / cm 
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PA is the % of expanded area 
Incremental work done (dW) is PdV. Thus incremental elastic work done during the 
inspiration phase can be expressed as: 
PEL WORK = PfidV, which on integrating yields: 
PELWORK = 7 X — X - LV{t -1)2) + P57. x (LV(f) - LV{t -1)) (5.3.55) 
2 Ccw 
where PELWORK IS the net elastic work done 
LV(t) is the lung volume above FRC during time t and LV(t-l) is the lung volume at time t-1 
second. 
The elastance of the chest-lung system or 'K' is equivalent to the inverse of Ccw, where Ccw is 
the chest wall compliance. 
The flow resistive work, (PRESIS). can be expressed as: 
PRESIS = ROVERALL x ("^) (5.3.56) 
at 
^OVERALL is the overall resistance of the airways, which has been assumed to be 2.4 cm H2O/ 
lit/ sec (Campbell et al., 1970). PRESIS' can thus be expanded as: 
ti 
PRESIS = j ROVERALL Sin'btdt (5.3.57) 
M 
The total work done by the respiratory muscles (PTWORK) in one time increment is; 
PTWORK = PELWORK + PRESIS (5.3.58) 
The overall efficiency of the respiratory muscles is assumed to be 25% (Campbell et al., 1970). 
The O2 consumed (O2CONSP) by the respiratory muscles can be expressed as: 
09 coNSP = PTWORK X 2.39e - 4 (5.3.59) 
^ 0.25X4.825 
where 4.825 represents the calorific oxygen equivalent for an average mixed diet (Seagrave, 
1971). The term 2.39E-4 converts PTWORK to kcalories. 
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The total O2 consumed during the inspiration process is summed and this serves as an objective 
function for the minimization routine. The minimization routine finds the appropriate 
combination for a and f for minimal 02 consumption. 
To determine the initial steady-state values, the set of mass balance relations together with the 
blood gas relationships were solved using a routine to solve transcendental equations. The 
steady-state values were then substituted into the main routine which solves the system of 
differential equations using a variable-order, variable-step Adams method (Hall et al., 1976). 
A minimization routine which can optimize an arbitrary smooth function subject to constraints 
was adopted to minimize the work of inspiration. The numerical sub-routines used in the code 
to solve the set of transcendental equations, the differential equations and the optimization 
problem were adopted from the NAG FORTRAN library. This library is comprised of a 
comprehensive collection of FORTRAN 77 routines for the solution of numerical and statistical 
problems. The code is in FORTRAN 77 and was executed on a DEC work-station (model 
2100), in the UNIX environment. The computation time to mn the simulation for t=1000 
seconds is approximately 15 minutes. 
5.4 Model validation 
The model was validated by performing a comprehensive set of simulations under 
different physiological conditions and comparing our results with available experimental data. 
Just as in the cardiovascular model, the respiratory model was validated using the bottom-up 
model verification process. Presented in this section is an open-loop and closed-loop 
verification process. 
5.4.1 Open-loop response 
This sub-section presents the results of a sensitivity analysis of the overall respiratory 
system in the absence of controllers. Figure 5.4.1 shows the resulting steady-state values of 
arterial blood O2 concentration by individual variation of inspired air O2 level, metabolic rate of 
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Figure 5.4.1 Open-loop validation of the respiratory model 
O2 consumption, and overall diffusivity about their nominal values with other parameters being 
held constant. It is observed that with an increase in O2 level of inspired air that the arterial O2 
concentration increases. As the metabolic rate of O2 consumption mcreases, the arterial O2 
concentration is reduced. Both of these results are in agreement with theoretical predictions. 
An interesting observation was made with regard to the variation of overall diffusivity. It is 
observed that with a change in the overall diffusivity there is hardly any perceptible variation in 
the arterial O2 concentration. This supports the theoretical prediction that O2 transfer across the 
alveolar-capillary barrier is limited by perfusion and not by diffusion. 
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5.4.2 Closed-loop response 
To gain a better understanding of the regulatory mechanisms we compared the model 
response under a variety of physiological stresses. The physiological stresses studied were: (a) 
variation of the level of COi. (b) variation of the level of O2 in inspired air, and (c) the 
performance of exercise. 
(a) Hypercapnia: Hypercapnia was simulated by varying the input percentage of CO2 
from 2 to 8%, and the steady-state value of alveolar ventilation was recorded. Figure 5.4.2 
shows a comparison of the alveolar ventilation as computed in the model, normalized with the 
experimental resting ventilation, to the alveolar ventilation, as obtained from experimental data 
(Milhom et al., 1965). It is imperative to point out here that the observed difference between 
the experimental observation and model prediction, which becomes prominent at high levels of 
inspired CO2, is very likely due to the errors incurred during the experimental measurement of 
ventilation involving variation in human subjects. 
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(b) Hypoxia: Hypoxia is simulated by varying the percentage of inspired O2 from 21 to 8% 
and the steady-state value of alveolar ventilation is recorded. Figure 5.4.3 shows the alveolar 
ventilation calculated from the simulation, normalized with the experimental resting value of 
ventilation, and compared to the experimental results obtained from Milhom (Milhom et al., 
1965). It is observed that these responses match qualitatively. 
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Figure 5.4.3 Comparison of model predicted and experimentally determined (Milhom et al., 
1965) alveolar ventilation during hypoxia 
(c) Exercise: The transient response of the model to exercise is simulated by increasing the 
metabolic rate of O2 consumption in the tissues by 3 times its basal value at the end of 100 
seconds from the start of simulation, followed by a period of high metabolic activity for the 
next 500 seconds, which is followed by a recovery period. Figure 5.4.4(a) shows the time 
variation of alveolar ventilation. As seen in Figure 5.4.4(a), the increase in ventilation during 
exercise has two phases, a short neurogenic phase followed by a chemoreceptive phase. This 
I l l  
is qualitatively consistent with observed experimental data, as shown in Figure 5.4.4(b) 
.(Ganong, 1963). The neurogenic phase is the fast phase which occurs due to the stimulation 
of the motor neurons. The chemoreceptive phase is the slow phase which occurs due to the 
variation in arterial gas tensions afifecting the chemoreceptors. 
In order to qualitatively compare this model to experimental observation, we 
interpolated the experimental data, for the same increment in metabolic rate as assumed in our 
model, as given in Table 23.3 in the treatise by Gledhill and coworkers (Demsey et al., 1976). 
We observed that for the same increment in metabolic rate, and normalizing the experimentally 
determined basal ventilation with the model predicted basal ventilation, the experimental 
prediction of peak alveolar ventilation compares well with the model prediction. The 
comparison is shown in Figure 5.4.4 (a). The slight increment in the model predicted value, 
can be attributed to the fact that we have not accounted for the decrease in VP to VJID ratio 
which occurs in vivo during exercise, due to the recmitment of more alveoli 
5.4.3 Parameter sensitivitv analysis 
In order to check model stability, we varied some of the parameters and observed the 
model output for the controlled case. This is presented as an example of the approach of 
ascertaining critical controlling parameters. The results are presented in Table 5.4.1. From our 
limited search, we can conclude that the threshold limit which is set for the peripheral 
chemoreceptors plays a much greater role in controlling regulation when compared to the other 
parameters. 
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Figure 5.4.4 Transient profile of alveolar ventilation during exercise (a) Comparison of 
model predicted and experimentally determined alveolar ventilation. The X 
indicates experimentally determined values (Dempsey et al., 1976), 
(b) Changes in alveolar ventilation during exercise (Ganong, 1963) 
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Table 5.4.1 Results of sensitivity analysis on controlled respiratory model 
Parameter Normal value (p) Sensitivity coefficient Relative sensitivity 
Ax / Ap (Ax / x)/(Ap / p) 
T NU/PT* HQQIIP 
volume'VLT 12.0 lit -0.125x10-4 -7.7x10-4 
Shunt fraction'a' 0.01% -22.2x10-4 -1.14x10-4 
Threshold limit for 
peripheral 41.0 mm Hg -3.8x10-3 -0.05 
controller' 
X signifies the nominal value of arterial O2 concentration at steady-state (equal to 0.195). This 
agrees well with the corresponding value of steady-state O2 concentration in the arterial blood 
for R=0.8, as obtained from Table I in West's book (West, 1985), which states that it is equal 
to 0.196. 
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CHAPTER 6. DEVELOPMENT OF LUNG FLUID BALANCE MODEL 
6.1 Objectives of model development and distinguishing features of the model 
The objective of this chapter is to present the development of an analytical model which 
describes the influence of lung surfactant in maintaining homeostasis of water content in the 
lung interstitium. It has been experimentally verified that the surface tension of the fluid lining 
the alveoli plays an integral role in determining the transvascular water flux in the lung. The 
commonly followed experimental procedure is to administer detergent aerosol to intact living 
anesthetized animals. Surface tension of the lung on administration of detergent is then 
measured using a modified Wilhehny balance and lung tissue extracts. The influence of surface 
tension on lung dynamics is ascertained by determining pulmonary extra-vascular water 
volume gravimetrically 2 hours after aerosol administration (Nieman et al., 1985). This 
procedure is not only time consuming but also involves the sacrifice of many animals. 
As elucidated in Chapter 2, the currently existing mathematical models of fluid balance 
are predominantly for an edematous lung. Our endeavor has been to develop a mathematical 
model to quantify the influence of surface tension on trans-capillary dynamics for the normal 
lung of an adult person, an experimentally difficult feat. To the best of our knowledge, this 
model is the first of its kind to have integrated the principles of lung mechanics with lung trans-
capillary dynamics. This enables us to identify the influence of surfactant in regulating lung 
mechanics, which in turn influences trans-capillary exchange. Furthermore, on coupling this 
model with the lung mechanics model as described in the earlier chapter, we have ascertained 
the influence of increasing surface tension on gas exchange across the alveolar-capillary 
barrier. 
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6.2 Assumptions 
A model as complex as this requires a number of simplifying assumptions. The 
assumptions made in the model development are outlined below. 
(a) In vivo, the surface tension of the liquid lining the alveoli follows a hysteresis curve with 
inflation and deflation of the lung. On inflation, the surface tension rises rapidly at Hrst and 
then remains constant at an upper limiting value of approximately 40 dynes cm"^ On deflation, 
the surface tension falls rapidly at first, but then gradually reaches a lower limit of 
approximately 5 dynes cm-l (Clements, 1961). The approximation used in our model is that a 
linear variation of surface tension is assumed with the lower and upper values being 5 and 40 
dynes cm ', respectively. 
(b) The variables of capillary pressure, filtration rate, and lymph flow are regarded as being 
spatially independent. 
(c) In reality, the capillary is part of a rather dense network of capillaries. However, for our 
model we have neglected the interaction between capillaries. This assumption is appropriate 
when the mean capillary spacing is as large as the mean capillary length. This has been 
justified in the work of Landis and Pappenheimer (Landis et al., 1963). 
(d) Since the volume of fluid exchanged is insignificant compared to the total volume of blood 
flowing in the capillary, the capillary hydrostatic pressure is considered to be invariant in time. 
(e) The overall lung compliance is assumed to be invariant and its value is set at 0.196 liter / 
cm H2O (Grodins, 1978). 
(f) The pulmonary capillary under consideration in our model is assumed to be the extra-
alveolar capillary. The rationale for this is that during the course of fluid accumulation in 
edema, fluid firsts collects in the loose connective tissue space around the extra-vascular space 
before moving to the alveolar wall interstitium and subsequently flooding the alveolus (Staub et 
al., 1967). Since the space around the extra-alveolar vessels is the first site of water 
accumulation, it is focused on in this model. 
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(g) Lung respiratory mechanics are described relative to a single spherical alveolus. A study 
of the literature indicates that an elegant mathematical model of co-existing polyhedral alveoli 
has been developed (Reifenrath, 1975). This model is especially significant in considering the 
regulation of intra-alveolar fluid volume which occurs in severe edema. Since edema is not 
considered in our model, the assumption of a Active spherical alveolus, which obeys Laplace's 
law, is sufficient for our purpose. 
(h) The duration of inspiration is set equal to the duration of expiration. 
(i) It has been shown experimentally that increased alveolar surface tension reduces 
pericapillary interstitial hydrostatic pressure, which increases transmural vascular pressure 
gradient, thus increasing the diameter of alveolar capillaries (Bruderman et al., 1964; Lloyd et 
al., 1960). This increase in diameter of the alveolar capillary would decrease the puhnonary 
vascular resistance, thus increasing perfusion to the lung. It has been found that the pulmonary 
capillary arterial pressure is lower during inflation of the lung than during the deflation state of 
the lung, the order of variation being about 2.1 mm Hg (Bruderman et al., 1964). For our 
model, we assume that the capillary hydrostatic pressure is invariant in time. This is valid 
since the focus of this model was primarily to isolate the influence of varying surface tension 
on trans-capillary exchange, with varying lung volumes, while maintaining other parameters at 
their nominal values. 
(j) In the gas exchange model we assume that all the layers are isotropic, and pore convection 
of O2 is neglected. 
6.3 Formulation of the model 
A multiple modeling approach was followed. The model consists of three sub models: 
6.3.1 Dynamics of fluid balance in the lung interstitium. 
6.3.2 Lung mechanics model 
6.3.3 Alveolar capillary gas exchange model 
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6.2.1 Dynamics of fluid balance in the lung interstitium 
In the lung interstitium homeostasis is maintained by the regulation of lymph flow rate. 
The fluid which transudes across the capillary wall is removed by the lymphatic system,which 
eventually returns the fluid to the circulatory system. Figure 6.3.1 shows the various fluxes 
between the lung, lymph, and the extra-vascular space. 
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Figure 6.3.1 Compartmental model of lung capillary dynamics 
The main regulating mechanisms are: 
(a) pulmonary circulation. 
(b) fluid and protein transfer between the plasma and interstitial space at the pulmonary 
capillary level. 
(c) the pulmonary lymphatic system. 
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Starling's law was adopted to compute the amount of filtration across the capillary boundary, 
Qf^ which in ml / hr is given by: 
where, Kf is the filtration coefficient, which is equal to 0.024 ml min"' nmi Hg . This value 
was obtained by doing a steady-state balance at time t=0, when the capillary filtration rate was 
equal to the lymph flow rate. From the work of Landis and Pappenheimer (Landis et al., 
1963) the entire body Kf is found to be 0.061 ml fluid min"' kg body weight*^ nmi Hg-'. 
Adopting Staub's (Staub, 1974) value of480 gm as the blood free wet lung weight in a 70 kg 
human, the Kf value of the whole lung can be computed as 0.061 times 0.48 which is equal to 
0.029 ml min-' mm Hgr'. This is comparable to the value of Kf as ascertained from our 
model. 
Pmv is the micro-vascular hydrostatic pressure, which is set at 11 nun Hg (Wiener et al., 
1983). 
It is an established fact in physiology that the lung has unique properties with regard to 
fluid exchange, because of tissue-air interfaces and its ability to change its volume during 
breathing. These properties result in a heterogeneous interstitium in which the interstitial 
pressure is not uniformly distributed throughout the lung. Also, due to the heterogeneous 
nature of the lung interstitium, it is difficult to ascertain the influence of alveolar surface tension 
on extra-vascular interstitial pressure. For example, the interstitial fluid pressure on the surface 
of the alveoli, Pi,aiveoli. is given by Laplace's law (Lai-Fook, 1993): 
where, Pajv is the alveolar pressure, r is the radius of an alveolus and y is the surface tension. 
On the other hand, it has been found from experiments that at functional residual 
capacity, the extra-alveolar interstitial pressure is equal to the pleural pressure. However with 
an increase in lung inflation the interstitial pressure becomes more negative (Lai-Fook, 1977). 
The extra-alveolar interstitial pressure changes with a change in the amount of filling of the 
Qf — Kf [ (Pmv - Pis(t)) - ('Cmv - ^Cis) ] (6.3.1) 
Pi,alveoli — P alv (6.3.2) 
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interstitium with fluid transferred firam the capillary. Applying the principles of solid 
continuum mechanics to the lung parenchyma, and assuming that the alveolar interstitial space 
capacity is equal to the extra-alveolar blood volume, and that the fluid is distributed uniformly 
around the vessels which are modeled as thin-walled cylindrical tubes, the following empirical 
relation has been obtained by Lai-Fook and coworker (Lai-Fook et al., 1980). This equation 
relates the change in extra-alveolar space interstitial hydrostatic pressure with the 
transpulmonary pressure: 
Pis(t) - Pis(O) = 0-56 X PTP (6.3.3) 
where, Pis(t) and Pis(O) are the interstitial space hydrostatic pressures at any time t and at the 
start of inspiration respectively. The initial value of the interstitial hydrostatic pressure, Pis(O). 
is set at -10 mm Hg. This value was measured experimentally by Miserocchi and coworkers 
(Miserocchi et al., 1991), m anaesthetized rabbits at the lung ftmctional residual capacity, 
(FRC). 
FTP is the transpulmonary pressure. The method for the determination of FTP will be outlined 
in the sub-section on respiratory mechanics. 
6 is the reflection coefficient, which represents the degree to which the membrane presents a 
physical barrier to the convection of protein molecules. As in Wiener's model (Wiener et al., 
1983), 6 is set at 0.95. 
rtmv is the osmotic pressure of protein in the plasma, which is set equal to 22 nmi Hg (Wiener 
et al., 1983). 
Ttis is the osmotic pressure of protein in the interstitial space, in mm Hg. This is computed 
using the Landis and Fappenheimer (Landis et al., 1963) approach : 
7tis = 2.1Cis+0.16Cis2 + 0.009 Cis3 (6.3.4) 
where, Cjs is the protein concentration in the interstitial space, in gm per 100 ml. The steady-
state value of Cis is 4.4g per 100 ml (Wiener et al., 1983). Corresponding to an initial value of 
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extra-vascular protein concentration equal to 4.4 g per 100 ml, the initial value of the extra-
vascular osmotic pressure is determined to be 13 mm Hg. 
In computing the protein flux across the capillary surface, we assumed that the protein 
molecules can escape by two mechanisms; diffusion along the concentration gradient and 
convection by the fluid stream. 
The protein flux, Qp, is given by: 
where, Cmv and Cjs are the concentrations in gm / ml. 
K1 is equal to 12.053 X10"^ ml sec"^. K1 is the diffusion coefficient, and is equivalent to the 
product of protein permeability and capillary surface area. From the literature, the protein 
permeability was found to be 1.1 X 10^ ml cm-2 min"^ and the pulmonary capillary surface 
area as 70X 10+^ cm^ (Roa et al., 1990). Thus the diffusion coefficient, which is given by 
the product of the above two values equates to 12.83 X lO'^ ml sec'. The value of K1 used 
in this model was determined by doing a steady-state balance at time t=0, when there is no 
protein accumulation in the extra-vascular space. Thus, it is observed that the value of K1 as 
computed from our model, compares well with the value found in the literature. 
Cmv is the plasma protein concentration which is approximately equal to 6.3 g per 100 ml 
(Wiener et al., 1983). 
C is the average protein concentration in the membrane: 
where, Qlo is the flow due to the intrinsic lymphatic motor activity. We have set this value at 
5.6 X10-3 nil sec'. This value was determined by assuming a lymph flow rate of 20 ml hr' 
for a subject of 70 kg mass (Wiener et al., 1983). Under normal circumstances, there is no 
accumulation of water in the lungs. Hence, all of the water which is accumulated in the extra-
Qp = K1 X(Cmv-Cis) + (l-B)XQfX C (6.3.5) 
C = 0.5X(Cmv + Cis) 
The lymph flow rate is given by; 
Q1 = Qlo 
(6.3.6) 
(6.3.7) 
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vascular space during inspiration has to be removed during the expiration phase. We propose 
that during the expiratory phase the lymph flow rate should be increased by a times that during 
the inspiration phase. The value of ot, that would yield a relatively dry lung at the end of one 
breath has been iteratively found from our model to be 1.18. 
Mass balance equations can be written for water and protein in the interstitial space. It 
is imperative to mention here that mass transfer across the alveolar epithelium is omitted, 
because the present focus of this model is the extra-alveolar interstitial space. Moreover, 
transfer of fluid into the alveoli occurs only in the late stage of edema formation. The equation 
for the water balance is: 
EV(2) = Ev(i) + (Qf-Ql)xAt (6.3.8) 
where, Ev(i) and Ev(2) represent the interstitial space volume which is the same as the exura-
alveolar space volume, in ml, before and after time interval At. 
The initial value of the interstitial volume is set at 450 ml (Lai-Fook et al., 1976). 
The equation for the protein balance is: 
QS(2)XEV(2) = QS(1)XEV(1) + (Qp-(Q1 XCis(i)))At (6.3.9) 
where, (Cis(2)XEv(2)) and (Cis(i)XEv(i)) represents the mass of interstitial protein before and 
after the time interval At, respectively. 
6.3.2 Lung mechanics model 
Principles of lung mechanics were applied to compute the transpulmonary pressure. 
Transpuhnonary pressure is the pressure distending the lungs, given by: 
PrP = Palv - Ppl (6.3.10) 
where, Pjp is the transpulmonary pressure, Paiv is the alveolar pressure and Ppi is the pleural 
pressure. 
Pleural space is the space between the lung and the chest wall. The pleural pressure is given 
by: 
Ppl = Paiv - Pel (6.3.11) 
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From Equations (6.3.10) and (6.3.11): 
PTP =PeI (6.3.12) 
The volumetric flow rate of air depends on the phase of respiration. We have assumed here 
that an active inspiration is followed by a passive expiration. During the inspiratory phase, the 
air flow rate follows a sinusoidal form. 
V" =aSin(bt) (6.3.13) 
where, V is the volumetric flow rate of air, a is the maximal velocity of air flowing into the 
lungs, b is equal to 27cf, where f is the frequency of breathing, and t is the time elapsed from 
the beginning of the inspiration phase 
The corresponding expression for the change in volume of the lung from the FRC is obtained 
by integrating the above expression. The FRC is set at 3000 milliliters. 
The time period of inspiration is set equal to that of expiration. 
During relaxed expiration (i.e.when the respiratory muscles are completely relaxed), the 
volume of the lung decreases in an exponential marmer as given by the relation: 
t 
RC 
V = - V o X e  ( 6 . 3 . 1 4 )  
The negative sign in the above equation indicates the outward flow of air from the lungs. 
The above relation was obtained by Mcllroy et al. as quoted by Campbell (Campbell et al., 
1970). The terms are defined as: 
V is the volume of the lung above FRC. Here, lung refers to the total volume occupied by both 
the lungs, VQ is the volume of the lung at the beginning of expiration phase, which is above 
FRC. 
RC is the time constant, equal to the product of resistance and compUance. In general, for the 
respiratory system within the tidal volume range, the time constant is about 0.35 seconds, 
Campbell (Campbell et al., 1970). 
t is the time elapsed from the begiiming of the expiration phase. 
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Pel is the static force developed due to expansion of the lung. It is divided into two 
components; (a) static force due to lung expansion, PiungJ and (b) static force due to surface 
forces, Psurface* 
The pressure due to lung expansion is given by: 
change in volume of lung 
Plung = Plung (o) (6.3.15) 
overall compliance of the lung 
where, Piung(o) is the static pressure of the lung at time t=0 and at FRC. This value is set at 
1.14 cm H2O (Grodins et al., 1978). 
The total number of alveoli in the lungs is set as 3.5 X10^. This number is determined from 
the results of Brown (Brown et al., 1959), for a normal adult weighing 70 kg. 
The average volume of an individual alveolus is approximated by dividing the entire volume of 
the lung (i.e summation of the lung volume at FRC and the increase in volume), by the number 
of alveolar units. 
The surface forces arise due to the presence of the surfactant lining. The magnitude of the 
surface forces is given by Laplace's law as: 
2 X (surface tension) 
Psurface = (6.3.16) 
radius of alveolus 
An empirical relation is adopted to show the linear variation of surface tension with change in 
lung volume. This is expressed as: 
Y = -313.1 + 3.531 XPA (6.3.17) 
where y is the surface tension in dynes / cm. 
PA is the percentage of expanded lung surface area. Assuming a total time of inspiration of 2.5 
seconds (corresponding to the frequency of breathing adopted), and a volumetric flow rate as 
shown in Equation (6.3.13), the final surface area of the lung at the end of inspiration, which 
is set as 100% expansion, is found to be 85.9 X 10^ cm^. 
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6.3.3 Alveolar capillary gas exchange model 
To demonstrate the influence of surfactant on alveolar capillary gas exchange, we 
obtained a relation between the extra-vascular interstitial space volume and. DM, the membrane 
diffusing capacity. As shown in Chapter 2, the membrane diffusing capacity is inversely 
proportional to the interstitial layer thiclcness. The corresponding relation for DM and thickness 
as obtained from Weibel (Weibel, 1983) is: 
Km (SA + SC) 
Dm = ^ (6.3.18) 
where Km is the membrane permeability coefficient (treating the interstitial tissue space as a 
membrane), SA is the alveolar surface area in contact with the capillaries and SC is the capillary 
barrier surface area, and Zm is the membrane / interstitial layer thickness. 
The assumption is made that with an mcrease in interstitial space volume due to 
accumulation of water, there is no concurrent change in membrane area, and that only the 
thickness increases. It is imperative to mention that an increase in surface tension, as observed 
in edema, leads to alveolar collapse or ateclectasis of the lung, which would lead to a reduction 
in SA. The typical value of SA is around 70 m^ (Ganong, 1993). Due to the unavailibility of 
an appropriate relation between SA and surface tension, we have introduced the above 
simplification. Thus the interstitial space thickness for any case i ,Trn(i), can be expressed as: 
Ev(  i )  
= "^mCo) ^ (6.3.17) 
Ev(o)  
where, Ev(i) and Ev(o) are the extra vascular space volume for the ith case and at time t = 0, 
respectively and TmCo) is the summation of interstitial layer thickness of around 1.0 microns, an 
alveolar layer thickness of around 0.5 microns and capillary membrane thickness of around 0.5 
microns at time t = 0. This is assumed to be 2 microns (Borovetz et al., 1981). 
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The altered value for the interstitial layer thickness is then used to recalculate DM. and 
subsequently DL. from Equation (2.3.3). The new value of DL IS then substituted in the 
pulmonary model, which is explained in an earlier chapter, to evaluate the arterial blood gas 
concentrations. 
6.4 Model validation 
Validation is achieved by comparing the model predicted parameters with corresponding 
experimental data. The above equations were implemented using FORTRAN 77 and executed 
on a DEC station in the UNDC environment. The methods used for model validation are listed 
below: 
(1) We compared our computed variation of interstitial hydrostatic pressure with Meyer's 
experimental observations (Meyer et al., 1968). Our model predicts that during the inspiration 
phase the interstitial pressure decreases from a mean value of -10 mm Hg at the start of 
inspiration to -14.58 mm Hg at the end of inspiration, and returns to the mean value of -10 nmi 
Hg at the end of expiration. This pattem of variation is in accordance with Meyer's 
observation, that during normal quiet inspiration the interstitial hydrostatic pressure decreases 
to as low as 8 mm Hg below the mean level and rises to 1-2 mm Hg above the mean level 
during quiet expiration. However, our variation is low as compared to Meyer's observation. 
This is likely due to the fact that Meyer used perforated implanted capsules in the interstitial 
space to measure interstitial pressure. The pressure changes during the course of respiration 
occurred too rapidly for the pressure in the capsule to come to equilibrium with the tissue fluid 
pressure. Thus, the pressure recorded by the capsule is due to the pressure exerted on the 
outside of the capsule by the solid tissue surrounding the capsule and not due to the pressure 
changes in the fluid of the interstitial fluid spaces. Due to the outside pressure, it is likely that 
the solid tissue protrudes into the capillary, causing the pressure variation to be higher than the 
actual variation due to the tissue fluid pressure. 
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(2) The variation of transcapillary water flux in one ventilation cycle as computed from our 
model is shown in Figure 6.4.1. This variation is in accordance with the continuous flow 
recordings made in an isolated, perfused dog lung lobe using an ultrasonic flow meter 
(Bhattacharya et al., 1980). 
(3) Using a gravimetric technique to measure the increase in lung weight, it was found that in 
intact lungs of dogs, for an increase in capillary hydrostatic pressure above the basal value, 
there is an increase in lobe weight due to the increased water transudation (Morriss et al., 
1980). Figure 6.4.2 shows a quantitative comparison of simulated and experimental results for 
the rate of lung weight gain with increaed filtration vs. capUlary hydrydrostatic pressure. The 
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Figure 6.4.1 Model-predicted variation of the rate of fluid filtration across the capillary,Qf, 
in the course of one breath 
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Figure 6.4.2 Comparison of model-predicted and experimental data (Morriss et al., 1980) 
for the influence of pulmonary capillary hydrostatic pressure on the rate of lung 
weight gain 
discrepancy between the simulated and the experimental values could be attributed to the 
following factors: 
(a) the difference in Kf. The Kf value used in the experimental observations is 0.432 ml min"'. 
mm Hg"' which is greater than 0.028 ml min*' mmHg-' as used in this model. The Kf value in 
the experimental observation is exceedingly high, because a positive end expiratory pressure 
(PEEP) was used in the computation of Kf. 
(b) In vivo, with an increase in capillary hydrostatic pressure, there is a corresponding 
increase in lymph flow rate. This increase in lymph flow rate was not accounted for in our 
model. Hence, the water accumulated in the model is greater than that in the in vivo situation. 
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(4) Figure 6.4.3 shows the variation of interstitial layer thickness with surface tension. It is 
observed that with an increase in surface tension, there is an increase in interstitial layer 
thickness due to the increased filling of the interstitial space. Though this phenomena has not 
yet been verified experimentally, it is in accordance with our understanding of the dynamics of 
the lung liquid balance . 
(5) In order to check the stability of the model, we changed certain model parameters and 
observed the predicted results. Table 6.4.1 shows the sensitivity of the model to various 
parameters. From our investigation, we can surmise that the trans-capillary dynamics is most 
sensitive to the value of Kf. 
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Figure 6.4.3 Model-predicted variation of interstitial layer thickness with surface tension 
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The high positive value of filtration coefficient signifies that the volume of water in the extra-
alveolar space increases with increase in Kf, while the high negative values of P and a indicate 
that the increase in protein reflection coefficient and lung pump action enables in removal of 
water from the extra alveolar space. Thus it can be concluded that the capillary filtration 
coefficient and lymph pump compensatory activity, are the key players working in apposition 
to maintain water balance in the human lung. 
Table 6.4.1 Results of parameter sensitivity analysis 
Parameter Normal value (p) Sensitivity coefficient Relative sensitivity 
A x  /  A p  ( A x / x )  /  ( A p / p )  
' 3' reflection 
coefficient 0.95 -0.096 -59.92 
a 
' Kf' filtration 
coefficient 
' Kl' diffusion 
coefficient 
1.18 
0.413 lE-3 
12.053E-3 
-0.138 
743.16 
9.96E-4 
-107.34 
202.64 
7.92E-3 
X signifies the nominal value of water accumulated in the extra-alveolar space at the end of one 
breath, which is approximately equal to 1.515E-3 
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CHAPTER?. SUMMARY OF RESULTS 
7.1 Prediction of changes in the respiratory and cardiovascular systems due to the influence of 
micro-pavitv 
As mentioned earlier, the aim of our research group is to quantitatively describe the 
physiological changes which occur in micro-gravity. The physiological model of the crew has 
been conceptually divided into a number of sub-models, each representing a major 
physiological system. The essence of this approach is to unravel the integrated response in the 
transition to micro-gravity, in order to ascertain the role played by each physiological sub­
system in adjusting to micro-gravity. In accordance with this aim, the analytical models of the 
cardiovascular and respiratory system, which were developed as a part of this research project, 
and outlined in Chapters 4 and 5, were used as heuristic tools to verify the hypotheses which 
have been put forth to explain the physiological changes occurring in micro-gravity. Another 
potential advantage of this approach is the use of this model to predict the body response under 
various physiological stresses, for which to date no experimental information is available. 
In order to simulate micro-gravity, a number of changes were introduced in our model, 
in accordance with the proposed hypotheses. These changes are outlined below: 
(1) Uniform pleural pressure distribution in the lung. In a normal vertical lung, pleural 
pressure excursions are from - 2.5 cm to -10 cm (West, 1972). For micro-gravity, a uniform 
pleural pressure equivalent to - 5 cm was assumed throughout the lung. 
(2) In accordance with the space laboratory SLS-1 data, the lung functional residual capacity 
was reduced by 15%, (Elliott et al., 1994). 
(3) The overall diffusing capacity was increased by 28%, in accordance with experimental 
values reported by Prisk and his co-workers (Prisk et al., 1993). 
(4) As mentioned in Chapter 2, in micro-gravity the abdominal contribution to chest wall 
excursions increases from 0.39 to 0.57. This was simulated in our model by lowering (() 
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(which determines the relative contribution of rib-cage compliance and abdomen-diaphragm 
compliance to the overall lung compliance) from 0.8 to 0.432. 
(5) The fluid shift in the body from the lower extremities to the upper extremities in micro-
gravity was taken into account. Experimental data show that the rate of fluid shift follows an 
exponential decay with time (Blomqvist et al., 1980). This is modeled as: 
Fluid volume shift, in liters = 0.0135 EXP(-0.0151) (7.1.1) 
where t is the time in minutes. 
According to experimental data obtained by Blomqvist (Blomqvist et al., 1980), the maximal 
change in leg volume is -6%. This limitation was introduced in our model. 
(6) It has been shown experimentally by Echt (Echt, 1974), that a linear relationship exists 
between the change in central venous pressure (CVP) and the blood volume stored globally in 
the head, arms and thorax. Assuming this linear relationship to be true, we computed CVP at 
time t, CVP(t) by: 
CVP(t) -CVP(t=0) = EiCVOL ^ 2) 
CUPB 
where CVP(t=0), is the CVP at the start, when there is no effect of micro-gravity. 
INC VOL is the increase in volume, in ml, of the upper compartment due to the fluid shift. 
CUPB is the compliance of the upper body, in ml / mm Hg. The upper body compartment 
includes upper arms, head, lungs, coronary, thorax, and renal regions. 
On incorporating the above changes, the following results were obtained from the respiratory 
model: 
(a) Oxygen concentration in arterial blood increases by 0.15%, at resting. 
(b) Carbon dioxide concentration increases by 0.4%, at resting. 
(c) Basal ventilation increases by 3.1%, at resting. 
To study the model prediction of a physiological stress in micro-gravity, we simulated 
exercise in micro-gravity, just as it was done for the respiratory model as outlined in Chapter 5. 
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A similar profile as in normal gravity was observed for the time variation of alveolar 
ventilation. On comparing the ratio of O2 required for exercise in micro-gravity to normal 
gravity, our model predicts a value of 0.99. Table 7.1.1 shows a comparison between the 
results of the simulation study and available experimental data. 
Table 7.1.1 Comparison of model predictions, obtained from the respiratory model with 
experimental data. 
Quantity Model prediction Average experimental value 
(Jotoston et al., 1977) 
Ratio of resting ventilation in 
micro-gravity to normal 1.03 1.05 
gravity 
Ratio of O2 consumption in 
micro-gravity to normal 0.99 0.93 
gravity for the same level of 
exercise 
On comparing tiie data predicted from our model, with available experimental results, 
this model appears to be less sensitive, in mirroring the effects of exercise in micro-gravity. 
The reason could be that the O2 cost of work in a micro-gravity envirormient is definitely less 
than that in normal gravity. This has been found experimentally by Fox and coworkers (Fox et 
al., 1975). They hypothesized that this is due to the fact that less body weight is carried in the 
reduced gravity environment and thus less energy is expended by the subjects. In our model 
we have maintained the same metabolic rate as in normal gravity. This could perhaps, explain 
why our computed VO2 is higher than that observed under experimental conditions. 
Similarly, the cardiovascular model was used to predict the responses of hemodynamic 
parameters on exposure to micro-gravity. Figure 7.1.1(a) through 7.1.1 (e) shows the time 
variation of arterial pressure, urine flow rate, ADH concentration, CVP, and total blood 
volume on exposure to micro-gravity. In order to validate our model, we compared this 
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Figure 7.1.1 Model-predicted time variation of hemodynamic parameters, (a) CVP, (b) 
arterial pressure measured at the base of the aorta, (c) urine flow, (d) ADH level 
and (e) total blood volume. 
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Figure 7.1.1 (continued). 
model's predicted values after one hour exposure to micro-gravity with experimental values 
obtained one hour after head-down-tilt. The values are shown as percent changes from 
nominal values in normal gravity. Table 7.4.2 shows the comparison. 
On comparing the model prediction to experimental data, we observe that the 
hypotheses introduced in our model can predict the micro-gravity situation to some extent. The 
variation in CVP as predicted from our model, however seems to contradict the experimental 
observation. It is important to point out that the time variation of CVP, as predicted from our 
model, qualitatively matches the experimental observation, but the peak in CVP as predicted 
from our model, occurs before it is observed experimentally. Hence, the model predicts a fall 
in CVP after one hour. 
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Table 7.4.2 Comparison of model predicted and experimental data for the cardiovascular 
model 
Quantity Model prediction Experimental value * 
Urine rate + 135.3% + 50.0% 
Cardiac output - 2.14% - 2.6% 
Arterial pressure - 0.63% - 0.85% 
Central venous pressure - 9.0% + 15.3% 
ADH level - 15.6% - 10.0% 
* these values were obtained by interpolation from experimental data obtained by Blomqvist 
(Blomqvist et al., 1980). 
1.1 The role played bv the surfactant in regulation of mass transfer 
In this section, we present a quantitative estimation of the role played by the lung 
surfactant in maintaining homeostasis in the lung interstitium. Other parameters which 
influence trans-capillary water flux, such as hydrostatic pressure, plasma osmotic pressure, 
lymph flow, and transport coefficients, were held constant at their nominal values. Apart from 
the linear variation of surface tension, which occurs in vivo, we also studied cases of enhanced 
or reduced surfactant activity, where the surface tension is held constant over the entire 
ventilatory cycle. The surface tension was held constant at values ranging from 10 to 50 dynes 
cm"'. As shown in Figure 7.2.1, with an increase in surface tension (i.e. reduced surfactant 
activity), the amount of water accumulation at the end of one breath increases. It is also 
observed that this increase is linear. Moreover, Figure 7.2.1 shows the increase in water 
accumulation with an increase in surface tension at capillary hydrostatic pressures ranging from 
of 11 to 35 mm Hg. Comparing the plots for the different hydrostatic pressures, we can infer 
the following: 
(a) With an increase in capillary hydrostatic pressure, there is an increase in the amount of 
water accumulation, as the driving force across the capillary increases. 
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(b) The slope of the plot for capillary pressures equal to 25 and 35 mm Hg is higher than that 
for 11 mm Hg. This implies that the rate of increase in water accumulation is higher for higher 
hydrostatic pressures. This could be attributed to the non-linear influence of capillary 
hydrostatic pressure on water flux. 
The clinical utility of this model can be demonstrated by its ability to predict the change 
in arterial blood gas concentration with a change in surface tension. Surfactant dysfunction, 
which increases the surface tension, leads to an increase in interstitial layer thickness. 
Increased interstitial layer thickness causes a reduction in the overall diffusing capacity. On 
incorporating the reduced diffusing capacity into the pulmonary model, no change was 
observed in the arterial blood oxygen concentration. This is in accordance with the notion that 
gas exchange in the lung is perfusion and not diffusion limited. 
It is an established fact in physiology that increased surface tension leads to ateclectasis 
of the lung. From experimental observations, it is seen that during adult respiratory distress 
syndrome, ARDS, which is associated with a high surface tension of around 45 dynes / cm, 
the overall equivalent shunt fraction is increased from around 1 or 2 % to 32% (Wright et al., 
1989). Assuming that the increase in equivalent shunt fraction is directly proportional to 
surface tension, we increased the corresponding shunt fraction values in the pulmonary model. 
Figure 7.2.2 shows the percent reduction in arterial oxygen concentration from its nominal 
value at steady-state of 0.195, with increasing surface tension. 
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CHAPTERS. CONCLUSIONS 
The overall goal of this research project is the quantitative determination of the role 
played by different physiological parameters in the maintenance of homeostasis within the 
body. The analytical models developed to accomplish this can be broadly categorized as 
microscopic or macroscopic models. In the macroscopic model category, overall controlled 
models of the respiratory and cardiovascular systems were developed. These models were 
then used as heuristic tools to predict physiological behavior in micro-gravity. In the 
microscopic category, a model was developed to ascertain the influence of the lung surfactant 
system in the maintenance of lung interstitium fluid homeostasis. The conclusions derived 
from these model studies are presented in sections 8.1 and 8.2 while section 8.3 oudines a few 
suggestions for further research. 
8.1 Model development 
The models were developed using a multiple-modeling approach. Validation of these 
models was performed by comparing model predictions to available experimental data. One of 
the difficulties encountered in the model development was the choice of appropriate parameters. 
This problem can be illustrated by considering one example. The cardiovascular system has to 
be supplied with a number of input parameters such as resistance, compliance, and inductance 
of the lumped vasculature segments, the ventricle compliances and time delays of the baroreflex 
controllers. To date, there are no standardized values available for these parameters in 
Uterature. Some parameter values which were computed for a normal adult male were obtained 
from literature. In comparing the model prediction for situations such as physiological stress 
resulting from blood loss, a problem was encountered. Although there is a plethora of 
experimental data available in the literature, many results are not germane to this model because 
of the variability of the species and experimental conditions. Moreover, in reporting transient 
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responses, most investigators have reported hourly responses, whereas our model predicts 
changes on a time scale of seconds. Thus at present, our models provide a good qualitative 
rather than a quantitative comparison with experimental observations. One way of 
circumventing this problem would be to perform an extensive parameter sensitivity analysis, as 
outlined in the previous chapters, and obtain standardized values for the most critical 
parameters. 
8.2 Model implications 
The analytical models developed as part of this project have aided in achieving a better 
understanding of the working of the physiological systems being modeled. First, the 
simulations can yield dynamic responses of variables in the model which are difficult to 
measure experimentally, and secondly the hypotheses for physiological changes in micro-
gravity can be validated by comparing the model predictions to experimental observations. The 
contribution of each of these models can be summarized as follows: 
(a) The cardiovascular model provides a quantitative estimate of the significance of the central 
nervous system (CNS) control. As shown in Figure 4.4.3, the drop in arterial pressure 
measured at the base of the aorta is greater when the CNS control is impaired. Moreover, in 
Chapter 7, it has been demonstrated that incorporating the fluid shift from the lower to the 
upper part of the body in micro-gravity is sufficient to describe the experimental cardiovascular 
changes observed in micro-gravity. 
(b) A fairly sophisticated model of the respiratory system has been developed. This model 
includes the interaction of the peripheral and cerebral chemoreceptors and the arterial blood gas 
tensions on the regulation of cardiac output and cerebral blood flow. The parameter sensitivity 
analysis reveals that the threshold limit for the chemoreceptors is vital in the chemoreceptor 
control of ventilation. The respiratory model also accounts for the ventilation-perfiision and 
pleural pressure distributions in a normal, vertical lung. This enables us to predict the effects 
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of micro-gravity on the respiratory system, by taking into account the altered pleural pressure 
distribution. The predicted changes in the respiratory system in micro-gravity agree fairly well 
with the experimental observations, as shown in Chapter 7. 
(c) The lung fluid balance model shows, that with an increase in surface tension of the alveolar 
lining of the lung, there is a non-linear increase in water accumulated in the lung interstitium. It 
has been experimentally verified that the surface tension regulates the amount of water in the 
lung interstitium, but due to the complex nature of the experiments involved, the influence of 
surface tension alone on pulmonary trans-capillary water flux has not been determined. This 
has been accomplished in our model. The advantage of this approach is that it will enable 
investigators to validate the efficacy of exogenous surfactant addition to reduce surface tension 
in the treatment of adult respiratory distress syndrome, which is associated with an increase in 
the amount of fluid in the lung interstitium. 
8.3 Suggestions for further research 
The cardiovascular and respiratory models can be coupled together by relating the heart 
rate to the metabolic oxygen demand. Also, changes in cerebral blood flow rate due to changes 
in arterial gas tensions, as computed in the respiratory model, may serve as an input to the 
cardiovascular model, hi order to describe different levels of exercise, the present 
cardiovascular model could be coupled to a thermoregulatory model, currently being developed 
in our research group, which predicts the variation in blood flow to various parts of the body 
during exercise. The respiratory model could be enhanced by incorporating different controller 
actions and different ventilation-perfusion distributions to model strenuous exercise. This 
model thus serves as a basis for the development of an integrated model of the human 
physiology, which would serve as an excellent research tool to predict physiological behavior 
in micro-gravity. 
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